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In the last decades there has been an increase in sensing systems applied in a 
variety of situations with a large variety of sensor ranges. This represents a growing 
area with high potential. 
One of the areas of sensor development that require a great deal of attention is the 
area of sensor for biomedical applications and biosensors. 
These sensors have to overcome a number of challenges and limitations inherent to 
the environment where they are introduced. These difficulties lead to the necessity 
of using new materials and new techniques for their construction together with the 
more traditional materials, e.g. silicon based, which have already proven their 
potential in this area. Among the various materials, polymers have proven to be a 
good choice, due to a set of advantages such as simple processing, flexibility and 
facility of being obtained in different shapes. Therefore it is interesting to fabricate 
polymer based piezoresistive sensors for functional coatings of implantable hip 
prosthesis. 
These sensors will allow coating the prosthesis and provide new functionalities to 
the implants such as the possibility to measure forces and deformations between the 
prosthesis and the bone and therefore improving the postoperative diagnostic.   
In this works, a model of hip prosthesis with coated sensors was developed. For this 
purpose, flexible piezoresistive sensors have been developed that allow being 
implanted. Strain sensors were fabricated based on thin films of n+-nc-si.H by the 
technique of hot-wire chemical vapor deposition at a temperature of 150 ºC on a 
polymeric substrate, using the lithographic technique to construct the various layers 
of the sensors. The sensor has a gauge factor of -28 for low frequency deformation 
cycles. 
Sensors with larger flexibility were also developed though inkjet printing 
technique. Various configurations and materials were used to evaluate which 
materials are most appropriate for these types of sensors. Sensors with a gauge 
factor of approximately 2.5 for an active layer of PeDOT were obtained. A sensor 
matrix of 4 x 5 sensors was fabricated with an active area of 1.8 x 1.5 mm2 per 
sensor.   
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These sensors were subjected to a set of electromechanical tests to evaluate its 
performance in situations close to end use. So the prosthesis was coated with the 
various sensors, cemented and subjected to deformation cycles for three levels of 
force according to standard ISO7206. 
An adaptive system read-out electronic circuit was developed and built that allows 
reading piezoresistive sensors with different characteristics. This system allows 
measuring a matrix of 8x8 sensors, but can be scaled to a large number of sensors. 
The readable range of the system is between 50 Ω and 100 kΩ according to the 
needs of the sensors being implanted. 
The total area of the circuit is 135 mm2, according to the requirements of a circuit 
to be used in in-vivo applications. An energy management system was also 
implemented that allows to activate and deactivate parts of the circuit when they are 
not needed, reducing the energy consumption. The system was validated by 
measuring a matrix of sensors with different characteristics. 
Finally, simulations were performed in order to evaluate the best options for the 
development of a wireless communications system. Three possible operation 
frequency ranges were used for three types of standard antennas. The 
communication system was introduced into a model simulating the characteristics 
of the various layers that constitute the human body. 
These simulations allow evaluate the frequency range most appropriate for 
implantable devices, the most appropriate antenna and the best location within the 
body. So the frequency chosen for the implementation was 868 Mhz for a Inverted-
F antenna (IFA). 
In conclusion, the key elements for the implementations of an instrumented hip 
prosthesis were development and validated. The developed and/or simulated 
elements, including sensors, circuits for reading and communication system can 






Nas últimas décadas, tem-se registado um aumento do número de sistemas de 
sensorização, aplicados aos mais diversos meios e grandezas. Esta é uma área em 
claro crescimento e ainda com elevado potencial. 
Uma das áreas de desenvolvimento de sensores que tem recebido uma grande 
atenção é a área dos sensores para aplicações biomédicas e os biossensores, com 
claros benefícios para o ser humano. 
Estes novos sensores necessitam, no entanto, de ultrapassar um grande número de 
desafios e restrições inerentes ao ambiente onde estes serão introduzidos, estas 
dificuldades levam à necessidade de utilizar novos materiais e novas técnicas para a 
sua construção junto com os mais tradicionais, e.g. baseados em silício, que tem já 
provado o seu interesse nesta área. Entre os diferentes materiais, os polímeros têm 
demonstrado ser uma boa escolha, devido ao conjunto de vantagens que 
apresentam, como o seu processamento simples, flexibilidade e facilidade de serem 
obtidos em diferentes formas, dai a sua escolha para fabricar sensores piezoresitivos 
implantáveis para o revestimento funcional de uma prótese de anca. 
Estes sensores permitem revestir a prótese, dando assim novas funcionalidades aos 
implantes, tais como permitir medir força e deslocamentos entre a prótese e o osso 
e melhorar o diagnóstico pós-operatório. 
 Neste trabalho foi desenvolvido um modelo de prótese de anca com 
implementação de sensores. Para atingir esse objectivo, foram desenvolvidos 
sensores piezoresitivos flexíveis que permitam ser implantados. Assim foram 
fabricados sensores de deformação baseados em filmes finos de n+-nc-si.H pela 
técnica de hot-wire chemical vapor deposition a uma temperatura de 150ºC sobre 
um substrato polimérico. Recorreu-se a técnica de litografia para construir as várias 
camadas do sensor. Os sensores apresentam um gauge factor de -28, para ciclos de 
baixa frequência em testes de four-point-bending. 
Foram ainda desenvolvidos sensores com uma maior flexibilidade através da 
técnica de inkjet printing. Para esse desenvolvimento foram usadas várias 
configurações e materiais, para avaliar quais os materiais mais adequados para este 
tipo de sensores. Na caracterização destes sensores obteve-se um gauge factor de 
aproximadamente 2.5 para uma camada ativa de PeDOT. Com os melhores 
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sensores obtidos foram construídas matrizes de 4 x 5 sensores que apresentam uma 
área ativa de 1.8 x 1.5mm2 por sensor. 
Estes sensores foram sujeitos a um conjunto de ensaios electromecânicos, para 
avaliar o seu desempenho em situações próximas da utilização final. Desta forma 
foi revestida uma prótese com os diferentes sensores, cimentada e sujeita a ciclos de 
deformação para três níveis de força, segundo a norma ISO7206.  
Foi desenvolvido e construído um sistema de leitura adaptável que permite medir 
sensores piezoresistivos com diferentes características entre eles. Este sistema 
permite medir uma matriz de 8x8 sensores, mas pode ser escalada para um número 
maior de sensores. A gama de leitura do sistema varia entre 50 Ω e 100 kΩ, de 
acordo com as necessidades dos sensores a serem implementados. 
 A área total deste circuito é de 135 mm2, de acordo com as necessidades de um 
circuito a ser utilizado em aplicações in-vivo. Foi também implementado um 
sistema de gestão de energia que permite ativar e desativar partes do circuito 
quando estas não são necessárias, permitindo, desta forma, reduzir os consumos de 
energia. O sistema foi validado através da medição de uma matriz de sensores com 
diferentes características.  
Finalmente, foram realizadas simulações de forma a avaliar as melhores opções 
para o desenvolvimento do sistema de comunicação sem fios. Foram usadas três 
possíveis gamas de frequência de operação para três tipos de antenas standard. O 
sistema de comunicação foi introduzido num modelo simulando as características 
das várias camadas que constituem o corpo humano. 
Estas simulações permitem aferir a gama de frequências mais adequadas para os 
dispositivos implantáveis, a antena mais adequada e a sua melhor localização, pois 
foi verificado como as várias camadas que constituem o corpo humano influenciam 
a comunicação. Assim, a frequência escolhida para a implementação foi de 868 
MHz e a antena foi a IFA. 
Em conclusão, os elementos principais para a implementação de uma prótese de 
anca instrumentada, foram desenvolvidos e validados. Os elementos desenvolvidos 
e/ou simulados, incluindo os sensores, circuitos de leitura e sistema de 
comunicação, poderão igualmente ser utilizados em outras aplicações devido às 
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In this chapter is presented a general introduction on the main topics related to the 
developed investigation.   A detailed introduction and the state of the art of the different 
items developed in the present investigation are presented at the beginning of each 
chapter, due to their different nature and specificity. 
The introduction begins with the current developments in implantable sensors and, in 
particular, in sensors that can be applied for the development of sensing hip prosthesis. 
Special attention is paid to polymer-based sensor for the measurement of forces and 
deformations and, in particular, to piezoresistive sensors. In this group, metallic sensor 
and silicon crystal semiconductor sensors are introduced as well as polymer-based 
sensors. 
After the description of the various techniques used in the production of polymer-based 
sensors, an approach to the state of the art of the reading and communication systems 
for implantable biosensors will be presented. 
This chapter concludes with the identification of the development goals and the 
description of the thesis structure and methodology.   
1.1. Implantable sensors 
Due to technological advancements, there is an increasing demand of sensors as their 
implementation areas are broadening. Therefore, strong efforts are devoted to the 
development of new types of sensors capable to satisfy the most different needs [1–5]. 
One of the most active areas of research in this field is the development of implantable 
sensor, which can bring strong benefits in  heath condition monitoring [6], [7]. On the 
other hand, the development of implantable sensors is also marked by the difficulties 
and restrictions in this research area, such as biocompatibility, dimension, autonomy, 
robustness, implantation facility and medical certification. 
Implantable sensors have been used to provide comprehensive understanding of the 
musculoskeletal, biological and neuronal human system [5], [7], [8]. These complex 
sensor systems have improved our understanding of the in vivo environment allowing 
obtaining in vivo measurements of pressures, temperatures, torque, forces, chemical and 




illness requiring continuous monitoring [9] and around implants during post-operative 
healing [9]. 
Sensors have been evolved to sensor systems in many cases incorporating also the 
conditioning and the communication system [9], [12], [13]. Recently, the evolution in 
micro- and nano-fabrication technology allows to integrate most efficiently these 
systems, leading to the development of novel biomedical sensors that can be 
incorporated into implants or tissue with minimal or no modification to the implant 
[14]. This technology has also allowed transforming the traditional implants into smart 
implants. 
This new type of implants offers important advantages as it allows having direct access 
to real time data for diagnosis and treatment.  
Being this type of sensors and implants very recent, there are no commercial systems of 
this type, the few existing systems being still under development  such as monitoring of 
blood glucose level for diabetes [5], [15], [16], continuous in vitro measurement and 
monitoring of lactate in the bloodstream or tissues [17], minimally pressure monitoring 
of blood vessels and intracranial compartments [18], electronic interface to the nervous 
system [19] and stress/ strain measurement systems to apply in hip, knee, long bone and 
spinal  implants [20–22]. 
The most common use of implantable prosthesis is a hip prosthesis. Two main 
techniques for hip prosthesis fixation are used: cemented technique which consist to put 
a layer of polymethylmethacyrlate between the bone and the prosthesis and cementless 
technique, which requires a longer recovery time  [11]. 
Due to the complexity of this type of intervention the measurement of the forces and the 
fixation state has a considerable interest for several reasons, including:  
 the understanding of the relationship between the mechanics of the hip and the 
degenerative joint disease; 
 to improve failure detection, since the detachment of the prosthesis is a common 
failure mechanism.  
To detect failure some techniques have been established in clinical routine in order to 
determine the degree of prosthesis fixation in the bone  as for example radiography, 




uncertainties which can lead to diagnostic errors  [26], [27] that can lead to the bone 
destruction. 
The measurement of the relative motion between the prosthesis and the surrounding 
bone provides important information on the state of attachment of the prosthesis such as 
the prosthesis durability and the bone construct.  
New approaches are therefore under development to perform these types of measures. 
However there are several technical difficulties to be overcome in measuring the 
relative motion, because the magnitude of these movements that can vary between a few 
micrometers to one millimeter  [28], as determined based on estimations from 
biomechanical assays [11], performed on models that have a good correlation with the 
results obtained in vivo [29], [30]. 
These laboratorial test are limited by the used model which cannot be extensively used 
for all situations at which the prosthesis is subjected is a real operation scenario. In this 
way, new improvement for developing measurement systems for prosthesis are focused 
on the creation of instrumented prosthesis for in vivo application [10], [12], [14], [31]. 
1.2. Polymeric materials for strain and pressure sensors 
The ease of processing and low cost has lead to the widespread use of polymer in 
materials in our everyday life. In the electrical industry these materials were initially 
used as electrical insulating due to its lightweight and good characteristics as electrical 
insulator [32].  
With the incorporation of suitable fillers such as carbon black, graphite powder, carbon 
fibers or metal nanoparticles within the polymer matrix, the composites show large 
electrical conductivity, in the order of 106 S/m [33] after the percolation threshold [33], 
[34]. These material are called extrinsic conductors [33] as there are the charges 
incorporated into polymer material which ensure the electrical conduction  [33]. 
Due to these developments, the application potential of polymers has grown 
considerably, including the fabrications of electrodes for rechargeable batteries [33], 
[35], [36], electrical shielding [37], capacitors [38], electroluminescent devices [39], 




sensors [4], [40], [41], chemical sensors [42], [43], biological sensor and position 
sensors.  
Nowadays, there is an increasing trend to develop smart sensors based on polymer 
materials due to their processing versatility [44–46]. In this way, polymer based strain 
and pressure sensors are used in the form of films [47], fibers [48], nanowires [49] and 
multi-layer [50], among others. 
The main types of polymer-composites used for mechanical sensing are generally 
classified as electrically active (electrical response) and optically active (photonic 
response) materials [51].  
The optically active sensors are based on the monitoring of the wavelength shift of the 
returned Bragg-signal as a function of the strain force [52]. Being these materials 
optically active, the wavelength of the signal that crosses the material varies as a 
function of its geometry, hence its application as strain and pressure sensors [41], [52]. 
The fact that certain types of polymers can change shape in response to electrical 
stimulation and vive-versa has been known for decades, being the first registration of 
this phenomenon dated of 1880 by Roentgen using a rubber-band with fixed end and a 
mass attached to the free-end, which was charged and discharged [53]. These polymers 
fall into the category of electroactive polymers (EAP)  
The larger progress in the field of EAP took place mainly in the last decade where 
efficiency of these materials in the electromechanical conversion increased more than 
300% [54]. 
EAP can be divided into two major categories based on their activation mechanism, 
ionic and electronic (table 1.1). In the electronic EAP type the activation forces are 
generated by a dielectric response driven by the electric field, whereas in the ionic EAP 
type the forces are generated by diffusion of mobile ions [55]. As the activation 






Table 1.1 - List of the principal EAP materials classification [55]. 
Electronic EAP Ionic EAP 
 Dielectric EAP 
 Electrostrictive Graft Elastomers 
 Electrostritive Paper 
 Electro-Viscoelastic Elastomers 
 Ferroelectric Polymers 
 Liquid Crystal Elastomers (LCE) 
 Piezoelectric Polymers 
 Carbon Nanotubes (CNT) 
 Conductive polymers (CP) 
 ElectroRheological Fluid (ERF) 
 Ionic Polymer Gels (IPG) 
 Ionic Polymer Metallic Composite 
(IPMC) 
 
There are two major groups of polymer based sensors to measure forces and 
displacements, the piezoresistive sensors that are typically used to measure forces and 
quasi static and low frequency displacements and piezoelectric sensors that are typically 
applied in dynamical systems. Piezoelectric sensors are based on piezoelectric materials 
which are characterized by converting mechanical energy into to electrical energy and 
vice versa [57]. When a mechanical force is applied to a piezoelectric material this will 
produce an electrical response. The reverse phenomenon also occurs: when an electrical 
voltage is applied to the piezoelectric material, this material presents a mechanical 
deformation. In this way, piezoelectric materials can be used as sensors and actuators in 
applications such as dynamic force sensors [4], [58], micro position system [59], 
communication transducers [60], among others. 
Due to the nature of the system which will be implemented the focus will be mainly on 
piezoresistive sensors. 
1.3. Piezoresistive sensors  
An interesting effect commonly used for the development of deformation sensors is the 
change of electrical resistance due to an applied load, which was first discovered by 
Lord Kelvin in 1856 in metals, being the large piezoresistive effect first discovered in 
1954 with the use of single crystals silicon and germanium. As in the case of metals, 




The sensitivity of a piezoresistive sensor (equation 1.1) can be represented by the gauge 
factor (GF), which represents the relative change in electrical resistance due to 
mechanical deformation: 
 
ܩܨ ൌ ܴ݀ ܴ⁄݈݀ ݈⁄  
 .                                            (eq. 1.1) 
In this equation, R is the steady-state material electrical resistance before deformation 
and dR is the resistance change caused by the variation in length dl [61]. The resistance 
change under strain results from the contribution of the dimensional change a 
geometrical effect  and from the intrinsic piezoresistive effect . For the 
surface mode measured in the present investigation  the GF can be written as [61]: 
ܩܨ ൌ ܴ݀ ܴ⁄ߝ௟ ൌ ∆ܴ஽ ൅ ∆ܴ௟ 




                                     (eq. 1.2) 
where, dl l l and  is the Poisson ratio.  
The typical gauge factor values of the main materials used for strain sensors described 








Table 1.2 - Typical gauge factor values of the main materials used for strain sensors. 
Sensor Material  Gauge Factor Reference 
Metal foil strain gauge 2-5 [62] 
Thin-film metal 2 [62] 
Crystalline silicon ± 50 -150 [63] 
Thin film crystalline silicon ± 15 [64] 
Polymer 18 [65] 
 
1.3.1. Metallic 
The metallic strain sensors uses the dependence of the electrical conductance of the 
material on the conductor’s geometry. That is, when a conductor is straightened to the 
limit of its elasticity, it will diminish its cross-section which leads to a increase of the 
resistance of the conductor. When the conductor is subjected to a compression, the 
opposite phenomenon is observed. 
When the conductor is attached to the medium to be measured, the change in the 
conductor resistance is proportional to the deformation of the medium. Thus to increase 
the resistance variation of the material, a pattern in Zig-Zag format (figure 1.1) is 
fabricated to increase sensitivity for stress in the parallel direction of the conductive 
lines. 
 




The most used type of metallic sensor is the strain gauge due to its simplicity of 
construction and operation in spite of presenting a low GF value (table 1.2). It shows 
also  good linearity in the electro-mechanical response. 
1.3.2. Crystal silicon semiconductor 
In the case of semiconductors its resistivity depends on the mobility and amount of 
charge carriers, at a given temperature. Equation 1.3 represents the formula for the 
mobility [66]. 
ߤ ൌ ݍ̄ݐ݉∗  
(eq. 1.3) 
here, q is the change, t̄ is the free time between carrier collision events and m* the 
effective mass of carrier in the crystal lattice. The effective mass and free time are 
related to the average atomic spacing in a semiconductor lattice, which is subject to 
change under applied physical strain and deformation. The piezoresistive effect can be 
explained in more detail using the quantum-physics which is present in reference  [66] . 
Currently there are many materials used to build stress and deformation piezoresistive 
sensors, however, most of them based on silicon due to its high sensitivity. Examples 
are accelerometers [67], pressure sensors [43], [68], gyro rotation rate sensors [69], 
[70], tactile sensors [71], [72] and flow sensors [42], among others. 
Although the sensors based on silicon are excellent for particular applications, they can 
mainly be applied in semi-rigid and low deformation sensors [73]. 
Thus arises the possibility to deposit silicon thin films on polymer substrates. This 
method allows increased flexibility in comparison to the previously described sensor at 
the cost of a decrease in performance (table 1.2).  
Some of the most interesting films with this characteristics have been prepared by Hot-
wire chemical vapor deposition (HWCVD). This is a technique that based on the 
decomposition of precursor gases on a heated filament (normally tungsten), with the 
constituent radical species often reacting in the gas phase that is depositing onto 




the quality of the film obtained. These variables include, among others, wire 
temperature, total pressure, gas flow rate, and substrate temperature. 
This technique has proved to be a very adequate technique to deposit hydrogenated 
Nano crystalline silicon thin films, nc-Si:H, due to its high efficiency in breaking H2 
molecules into atomic hydrogen that diffuses from the heated tungsten filament to the 
growing film surface  [74].  
1.3.3. Polymer-based sensors 
It is increasingly intended to introduce sensors in the most varied surfaces. For this 
reason there is a growing interest in the development of a third group of piezoresistive 
sensors, based on polymers, which allow the construction of large deformation, large 
area, flexible sensors [65], [75], [76], allowing its molding into specific shapes and 
associated to facility of production and low costs. 
The model of operation of this type of sensors is very similar to the previous ones and is 
shows gage factor with large contributions of the intrinsic piezoelectric effect [77]. 
When a polymer film is deformed, the conduction paths are modified (figure 1.2), 
influencing electron transfer rates between near molecules [78], [79], leading therefore 
to a deformation dependence electrical resistance.  
 





1.4. Polymeric sensors productions technics 
Currently there are several processing techniques used for the development of polymer 
based strain and force sensors. Some of them are conventional techniques used in 
industry, such as: 
Extrusion, where the raw polymeric material is heated and forced out through a die in 
the form of the profile to produce along its extension, after cooling. Varying the form of 
the die it is possible to obtain different products in the form of  films, plates, hoses, 
tubes and other profiles [80]. 
Injection processing is similar to the previous one in the mode of operation but in this 
case the material is forced to enter in the injection channels of the mold and in the mold 
cavities using high pressure, which reproduce the form of the product to be 
manufactured. With this technique is possible to obtain the most diverse forms of pieces 
according to the mold [80]. 
Apart from these conventional techniques, other techniques are used for micro and 
nano-fabrication, to introduce functional layers, or to incorporate layers that permit 
acquiring the sensor response such as: 
Bar-coating is a widely used method to develop coatings due to its simplicity. This 
method is based on a rod on which a filament is coiled. This filament may present 
different diameters according to the thickness of the coating to be obtained. Thus by 
passing the rod above the film, the excess of material is removed leaving a layer with 
the desired thickness [81] as shown in figure 1.3. 
 




Spin-coating is a procedure used to apply uniform thin films to flat substrates. It can be 
also applied on flexible substrates. An excess of a solution is placed on the substrate, 
which is then rotated at high speed in order to spread fluid by centrifugal force (figure 
1.4). 
 
Figure 1.4 -  Production of polymer films using a spin-coating method 
The layer thickness is defined by a set of parameters such as the rotation speed, the 
solution concentration and the type of solvent [81]. 
Inkjet printing has gained special attention during the last decade as it is a fast and 
versatile method [82–84] with high reproducibility and applicable in large areas. Its use 
in the fabrication of sensors is still very limited with just a few recent developments 
[85], [86]. In the area of inkjet printing microelectronic devices this method also begins 
to be used in the production of organic light emitting diodes (OLEDs) [39], thin-film 
transistors [87], RC filter circuit [88], radio frequency identification (RFID) tags [83] 
and solar cells [89], among other applications. 
The inkjet technologies can fundamentally be described as a digitally controlled ejection 
of drops of a fluid from a printhead onto a substrate. This can be accomplished in many 
ways. 
The inkjet printing systems are broadly classified as deflection continuous inkjet (CIJ) 
or drop on demand inkjet (DOD) [90], as shown in figure 1.5. 
In continuous inkjet printing (CIJ) [90] a pump directs fluid from a reservoir to one or 




vibrating piezoelectric crystal. A flow of drops is thus created which are electrically 
charged as they pass in a charge electrodes. 
Figure 1.5 - Inkjet printing main classification: a) multi deflection continuous inkjet and b) drop 
on demand inkjet. 
These drops pass through a series of deflection plates which uses an high voltage 
electrostatic field to select drops that are to be printed or collected for recycling, as 
shown in figure 1.5a) and figure 1.6. 
 





This system allows a very high speed inkjet printing, but with low resolution. 
In the DOD method [90], drops are ejected from the printhead only when required, as 
shown in figure 1.5b). In general, the drops are formed by the creation of a pressure 
pulse within the printhead, There are two main subcategories of DOD inkjet printing 
systems, thermal and piezoelectric, existing also electrostatic and acustic, which are 
documented but of little use.  
In thermal inkjet technology [90], the drops are formed by a fast heating with a resistive 
element within a small chamber containing the ink. The temperature rises to 350-400ºC, 
which causes an ink vaporization that is in contact with the heating element causing a 
pressure pulse which forces the drop out, as represented in figure 1.7. 
 
Figure 1.7 -  Schematic representation of the thermal inkjet technology operation mode. 
The injection of the drop leaves a void in the chamber which is filled by the ink that is 
present in the cartridge.  
The principal vantage of this technology is the fact of allowing very small drop sizes 
and high nozzle density that allows printouts with high resolution. 
The main disadvantage of this technology is the limitation of the materials that 
constitute the ink, as the ink has to support high temperatures and must be able to 




The piezoelectric drop on demand inkjet technology [90] is increasingly used in 
industrial and research environments. In this technology a piezoelectric crystal (usually 
lead zirconium titanate) changes its dimensions when subjected to an electrical field. 
This variation causes a pressure increase in the chamber with the ink, which originates a 
drop to be ejected from the nozzle, as it is shown in figure 1.8.  
 
Figure 1.8 -  Schematic representation of the piezoelectric drop on demand inkjet technology 
operation mode. 
The main advantage of this technology is the possibility to operate with any type of 
fluid and the facility in controlling the quantity of injected fluid by the amplitude of 
electric field.             
1.5. Electronic interface and communications systems for biosensors   
Technological advances led to the development of many types of sensors used to 
measure the most diverse quantities, applied in many different ways and formats which 
are being increasingly associated in array and matrix [91]. 
Associate with the sensor development there is also the need to develop systems of 
signal conditioning capable to responding to the needs of new sensors as well as meet 




signal condition circuit [3], [92] and  to reduce the final dimensions of the system. All 
of this is motivated by the need to integrate sensors in the own devices to be measured, 
i.e. to allow the device itself to act as a sensor and not to have two distinct sub-systems 
were one limits the other [93]. 
 In the biosensors area, mainly in the implantable sensor area this need is more evident 
due the higher restrictions of this type of applications with respect to dimensions, 
autonomy, precision, biocompatibility and hardness [7].  
Further, when the aim is to read a number of sensors, these restrictions are more evident 
[94]. 
To increase of the level of miniaturization of the circuits various techniques have been 
used, such as multiplexed systems [3], [93], [95], [96], which allows reading a wide 
range of sensors with a single reading circuit. Another method is the construction of all 
the architecture on-chip, where the multiplexing circuit, the amplifier circuit and 
microcontroller are integrated in a single device [3], [93], [95], [96]. 
In the presence of multi sensor architectures, commonly several sensors are not equal, 
raising the need to develop an adaptive circuit [3], [95], i.e. a circuit capable to adapt to 
the type of sensor to be measured and to adjust the circuit parameters to obtain the 
maximum resolution. 
To develop this kind of circuits, it is necessary to build a fully digital circuit system as 
the ones in [3], [95], i.e. a circuit that allows to change its characteristics digitally by 
firmware, as only in this case it is possible to change the parameters of the circuit by a 
microcontroller.  This type of circuit has also the advantage of allowing the calibration 
of the sensors after the integration in the system.   
In many cases, such as in-body applications, it is also necessary to implement a wireless 
communication system to a remote platform. 
For example, the use of wireless communication systems for implants allows 
monitoring in real time the state of the implant and how the body reacts to the implant 
[97]. 
Many electronic implants have been already developed such as brain pacemakers for 
treatment of Parckinson’s disease [98], muscle stimulators [99], implantable drug 




Although there are many types of implants, there are very few with implemented data 
communication. With the recent developments of radio frequency (RF) communication 
systems, motivated by the developments of mobile phones, it has allowed the 
emergence of research related to communication systems from the inside to outside of 
human body [101], [102]. 
This set of studies are based on simulation models, based on Finite Integration 
Technique (FIT) and finite-difference time-domain (FDTD) [103] .    
These simulation methods allow perform simulations in a wide range of frequencies, 
thus the published studies also focus on frequencies between 150 Mhz and more than 
2400 Mhz [104–106].     
Various types end formats of antennas have been also analyzed, including elliptic, 
circular and IFA antennas [106], [107], since the response characteristics of the 
implantable communication systems depend heavily on their location and the depth at 
which they placed due to the electrical characteristics (permittivity and conductivity) of 
the layers that are between the device and outside of the body.  
1.6. Objectives 
The main objective of this thesis is to develop flexible piezoresistive sensors for coating 
implantable prosthesis and develop the electronic interface and signal transmission for 
the developed sensors.  
The main focus areas of the present work are: 
 Development and characterization of silicon piezoresistive sensors in single 
sensor and sensor array format. 
 The fabrication and characterization of piezoresistive sensors by inkjet printing 
technology. 
 Design and fabricate and adaptive electronic circuit interface for multi 
piezoresistive sensors.  
 Study and development of implantable communication system, for sensor data 
communications. 




1.7. Structure and methodology   
The present thesis is divided in seven chapters with the objective to provide a 
comprehensive description of the progress reached during this investigation. The 
chapters are presented in such a way that show the sequential progress obtained in a 
variety of works. 
Five of those chapters are based on published or submitted scientific articles. The 
development of flexible force and deformation sensors and the respective reading and 
communication system for implants has been achieved and the development is 
described as follows: 
Chapter 1 shows the main objectives, structure and methodology of this work as well as 
a brief introduction on the main topics of the thesis. 
Chapter 2 consists on the development of a piezoresistive silicon thin film array by 
HWCVD technic on a flexible polymeric substrate. The sensors were characterized 
using a four point bending technic and the gauge factor of the sensors determined. 
The sensors were used to coat a hip prosthesis, in order to evaluate its performance in a 
real application. Chapter 3 describes the performed tests on the model, which were 
conducted according to standards. It is still made a comparison of the obtained results 
with computer simulations. 
Chapter 4 shows the development of inkjet printed sensors as well as their main 
characteristics. 
The sensors were also incorporated into a hip prosthesis and their performance 
evaluated after the corresponding standard. 
Due to the need to measure a large number of sensors that can present different 
characteristics, it has been studied and developed an adaptive read out circuit. Its 
development is described in chapter 5. This chapter also focuses on the remaining 
electronic circuit and its characteristics and shows a proof of concept of operation and 
operation mode. 
After the development of the sensor matrix, a study based on simulations was 
performed in order to evaluate the best choice regarding to the communication 
frequency, antenna type and the most favorable position of the communication system. 




Finally, chapter 7 presents the overall conclusions and suggestions for the future work.   
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Since the piezoresistive property of silicon was first reported by C. Smith [1] it has been 
used in different kinds of sensors that make use of the change of conductivity under 
strain to probe and measure deformation of surfaces and solids. The piezoresistive 
devices can be simple n- and p-type resistors, field-effect N- and P-MOS transistors or 
p-i-n and Schottky diodes [2 - 4]. Usually, these devices are fabricated on Si wafers 
using standard lithographic techniques [3]. Doped hydrogenated nanocrystalline silicon 
thin films, nc-Si:H, exhibit piezoresistive behavior that is some type of average over all 
its randomly oriented crystallites of the piezoresistrive response of a single Si crystal. 
The effect is expected to be weaker than in c-Si since only those crystallites with the 
proper orientation relative to the principal axis of the applied stress will contribute 
strongly to the overall effect. In the line of this reasoning, n-type nc-Si:H films have 
negative gauge factor (GF) ~ − 30 (GF is the proportionality constant relating relative 
resistance change and applied strain)[5] and [6] reminiscent of the larger in absolute 
value n-type c-Si π-coefficient: π11 = − 102 × 10−11 Pa−1 (π-coefficients are defined 
as the relative change in resistivity per stress) [1]. 
Hot-wire chemical vapor deposition has proved to be a very adequate technique to 
deposit hydrogenated nanocrystalline silicon thin films, nc-Si:H, due to its high 
efficiency in breaking H2 molecules into atomic hydrogen that diffuses from the heated 
tungsten or tantalum filament to the growing film surface where it very effectively 
promotes crystalline growth [7]. Although nc-Si:H has a much lower carrier mobility 
than c-Si due to carrier scattering at grain boundaries [8], it can, however, be deposited 
at low temperatures on virtually any type of substrate that stands the deposition 
temperature. In the present work we use polyimide plastic foil as substrate and deposit 
n+-nc-Si:H by Hot-wire chemical vapor deposition (HWCVD) at a temperature of 150 
°C thus obtaining a flexible composite of an isolating polymer covered by a 
piezoresistive semiconductor. Previous work has shown that, as far as piezoresistance is 
concerned, nc-Si:H films are isotropic in planes perpendicular to the growth direction 
[9]. The combined characteristics of flexibility, piezoresistance and isotropy allow the 
design of novel types of strain or shape sensing devices, for example for biomedical 




HWCVD on plastic substrates can respond and survive to quasi-static as well as to 
dynamical loading conditions up to at least hundreds of Hertz. The fabrication of micro-
devices using standard lithographic techniques with minor adaptations due to the 
chemistry of the plastic substrates is demonstrated. Finally, the control electronics for 
data acquisition using an array of resistors is proposed. Data processing, storage and 
communication are also addressed. 
2.2. Experimental 
2.2.1. Hot-wire chemical vapor deposition. 
Depositions were performed in a load-locked research chamber under high-vacuum 
conditions (base pressure better than 10−6 Torr). After loading, before starting 
deposition and while heating the substrates to the deposition temperature of 150 °C, the 
time necessary for the pressure to recover to the pre-load values was allowed (this could 
take tens of minutes due to the long degassing time of the polyimide foils). A single S-
shaped tantalum filament, 0.5 mm thick and 14 cm long, was heated up to 1750 °C. 
Filament-to-substrate distance was 7 cm. The filament was first heated up to the 
working temperature, in a hydrogen atmosphere, and then the source gases, SiH4 and 
PH3 (for gas phase P-doping), were added while the hydrogen flow was adjusted to a 
value corresponding to 95% of the total gas flow. Working gas pressure was 40 mTorr 
for all depositions. During the filament heating time, a shutter was closed in order to 
protect the substrate from spurious species emitted from the filament. Deposition rate 
was ~ 1.5 Ǻ/s and the final thickness of the films was in the range 100–150 nm. 
2.2.2. Sensor array fabrication  
nc-Si:H films deposited on square shaped (side length = 35 mm) polyimide (PI) flexible 
substrates with thickness ds = 125 μm were patterned by photolithography into strain 
sensing microresistors in an array with seven lines and four columns. The PI substrates 
were glued with photoresist (PHR) to a 2″ Si carrier wafer for processing. Each sensing 
element consists of rectangular islands with lateral dimensions (length × width) in the 
range from 210 μm × 70 μm to 450 μm × 150 μm, connected to metallic leads at each 
end of the island and extending to large pads (3 mm × 2 mm). Two masks were used to 
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define the sensors: first, a bright field mask defined the semiconductor islands pattern; 
second, a dark field mask defined the electrically conductive leads and pads in a lift-off 
process, using a positive PHR (AZ Electronic Materials GmbH). 
A reactive ion etching (RIE) step was used to etch the nc-Si:H islands (etch rate ~ 28 
nm/min) on the PI substrate. Under the processing conditions used (pressure = 55 
mTorr, Power = 150 W, CHF3flow = 50 sccm, SF6 flow = 5 sccm and O2 flow = 5 
sccm), the Si etch rate was approximately 28 nm/min. The metallic leads and pads, 
consisting of a tri-layered film of Ta 10 nm/Al 40 nm/Ta 5 nm, were deposited by ion 
beam deposition followed by lift-off in acetone soak. 
Large-area piezoresistors with a similar structure to that of the individual microresistors 
were fabricated using shadow masks in a four lines by two columns matrix. The 
piezoresistor dimensions are set by the 1 mm gap between the contacts, the width of the 
island (3 mm) and the thickness of the films. 
2.3. Results and discussion 
Figure 2.1 shows the piezoresistive response, under loading by 4-point bending cycles 
(Shimadzu-AG-IS 500 N), of one nc-Si:H microresistor with thickness 120 nm, 
belonging to a larger array fabricated on a 125 μm thick polyimide substrate. Figure 
2.1a) shows the microresistor width × length dimensions of 100 × 100 μm2. The bright 
parts of the optical micrograph are the metallic leads and the darker zone is the PI 
substrate. Figure 2.1b) shows the resistance, R (thick line, left axis), and the vertical 
displacement, z (thin line, right axis), of the inner loading bars of the 4-point bending 
bridge (4PBB) as a function of time. The 4PBB is operated in a quasi-static mode 
(velocity of the loading bars v = 1 mm/min) during a four-cycles loading experiment. 
The microresistors stand in the region between the inner loading bars of the 4PBB, on 
the tensile surface of the specimen. In that region the longitudinal strain in the film as a 
function of the displacement of the bars, assuming that the neutral plane of the sensor is 
symmetrically placed between the two free surfaces of the substrate, is given by [10]: 
ߝ௫௫ ൌ 3݀௦ܼሺ3݈ െ 4ܽሻܽ 




where l is the distance between the 4PBB outer loading bars and a is the distance 
between the first and second loading bars. In our set-up l = 25 mm and a = 7.5 mm. 
Using Eq. (2.1), the resistance (Agilent 34401A digital multimeter) of the microresistor 
can be plotted as a function of the applied strain, which is done in figure 2.1c).  
 
Figure 2.1 - Piezoresistive response, under 4-point bending loading cycles of one nc-Si:H 
microresistor with dimensions W×L=100×100 μm2 and thickness 120 nm on a 125 μm thick 
polyimide substrate. a) Optical micrograph of sensor and metallic leads; b) Sensor resistance, R 
(left axis) and vertical displacement of loading bars, z (right axis) as a function of time; c) 
Sensor resistance, R, as a function of strain, ε, calculated from data in b) using eq. (2.2). The 
slope is the GF (−28.1). 
The slope of the graph is the longitudinal GF of the n+–nc-Si:H sensing element. Here, 
longitudinal means that resistor current and applied strain are parallel. From the figure, 
GF = −28.1. Notice the minus sign of the GF, meaning that the resistance of the sensor 
decreases (increases) when tensile (compressive) strain is applied to the substrate. 
Hence the phase opposition that is patent between the two graphs of figure 2.1b). 
Figure 2.2 shows the time-domain results of the dynamic actuation of large-area 
sensors. Each piezoresistor, RS, in the sensor is connected through the pads to a 
Wheatstone bridge external circuit in a quarter-bridge configuration and to a NI-USB 
6210 data acquisition module connected to a PC laptop. The Wheatstone bridge is 
operated as close as possible to its maximum sensitivity point [r = 1 in (eq. 2.2)], using 
two 27 kΩ resistances, a value close to RS. A variable resistor, R4, is used to set the 
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bridge into equilibrium (Vout = 0 V) while the sensor is in the flat, unstrained condition 
(RS = R0).  
 
 
Figure 2.2 - Time-domain results of the dynamic actuation of large-area sensors. Each 
piezoresistor, RS, in the sensor is part of a Wheatstone bridge circuit in a quarter-bridge 
configuration. In a) the output voltage of the sensor (the unbalanced Vout of the bridge) is 




amplitude, variable frequency excitation voltage, Vexcitation, driving the mechanical oscillator 
(see text) is shown for the time interval [49,51] s. In d) the signal amplitudes and their ratio ( 1 : 
0.54 : 0.15 ) given by three piezoresistors in the sensor (channels 1 to 3) located at different 
distances from the clamped edge of the sensor. 
The output voltage of the sensor under applied strain is the unbalanced Vout of the 
bridge. No filtering, amplification, or other type of signal conditioning is used. Vout is 
related to the relative resistance change of the piezoresistor by [11]: 




where r = 27 kΩ/R4 and VIN = 5 V is the voltage supplied to the bridge by the USB bus. 
Dynamic tests were performed using a Frederiksen Vibration Generator driven by a 
Function Generator that applied forced sinusoidal oscillations to its axle in the range 
0.1–100 Hz. The rectangular sensor is clamped to the vibrating axle of the Generator by 
one of its smaller edges in a cantilever configuration. Data acquisition rate was set to 
1000 −1s. 
Figure 2.2a) shows Vout for the entire 86.775 s time interval that lasted the experience. 
During the first 37.7 s the oscillator axle was moving up and down at a frequency of f = 
0.3 Hz. At this quasi-DC frequency the sensor basically executes translation following 
the axle where it is fixed and does not vibrate. In this region the sensor signal is 
essentially noise. The two bumps centered at t = 15 s and t = 25 s, respectively, are the 
response to large deflections up (compression) and down (traction) imposed to the 
sensor with the operator finger, as a test. For t > ~ 40 s the sensors start to oscillate at 
the frequency of the excitation but the amplitude of the signal Vout strongly changes at 
some frequencies. If one concentrates on the transition that occurs in Vout between t ~ 
49 s and 51 s [figure 2.2b)] and compares to the constant-amplitude excitation, 
Vexcitation, driving the oscillator in the same time interval [figure 2.2c)], it is clear that 
while the frequency of excitation decreases from ~ 55 Hz to 34.3 Hz, the amplitude Vout 
increases (compressive side) from ~ 2 mV to Vout ~ 30 mV.  
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The reason is that the plastic substrate has a mechanical resonance mode at this 
frequency. This fact was visible to the naked eye and was confirmed by finite element 
simulation. Figure 2.2d) shows the signals recorded at the resonance condition from 
three piezoresistors in the sensor (channels 1 to 3) situated at three different distances 
from the clamped edge of the sensor, along a longitudinal axis. The ratio of the signal 
amplitudes ( 1 : 0.54 : 0.15 ) is the same as the ratio between the strains felt by the three 
piezoresistors at the resonance, according to the finite element simulation of the 
resonant mode. These results demonstrate the accuracy of the sensor as a strain-voltage 
transducer. 
In moving from test structures with a few resistors to arrays of sensors the readout 
electronics should be re-designed. The most common techniques of measuring 
resistance changes are based either on four wires or in Wheatstone bridges (see above). 
However, these techniques are not suitable when the resistive elements are disposed into 
a matrix form. On the other hand, with a two wires technique, it is possible to perform 
the readout of a resistive matrix without switching elements (e.g. MOSFETs) inside it, 
which greatly simplifies the fabrication process. In this technique, a voltage is applied to 
each row and the current is measured in each column. The readout can then be 
performed by scanning the array using a mutiplexer on each row and column of the 
matrix. The digital data is then processed, interpreted and stored internally by an ultra 
low-power micro controller, also responsible for the communication of two-way 
wireless data, e.g. from inside to outside the human body in case of invasive 
applications. Figure 2.3a) shows the readout circuit for a 4 × 4 matrix, where the 
switches are connected to read R11. The matrix columns that are not being read must be 
connected to ground (and not to high impedance). As the impedance of the current-to-
voltage converter, formed by A1 and Rf in figure 2.3a), is very low, R12, R13 and R14 
are shunted and their currents are null. Otherwise, the currents of these resistors would 
affect the measurement of R11. The currents of R21, R31 and R41 are not null, but they 
flow directly to the ground. These currents cause a voltage drop in the switch and thus 
an error in the measurement of R11. This error increases with the resistance of the 





Figure 2.3 - a) Readout circuit for a 4×4 sensor array. The switches are connected in the right 
position for reading R11. In this case, a voltage is applied to R11 and its current is measured. 
R12, R13 and R14 are shunted, so their currents are null. b) Block diagram of the sensor 
electronic interface. 
The piezoresistive sensor matrix output signals are multiplexed in time and then 
converted to digital by the analogic-digital converter (ADC) [see figure 2.3b)]. 
Afterward, they are read by the central processing unit (CPU), which sends them to the 
radio-frequency (RF) module, in order to be transmitted to a remote computer. The 
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CPU, ADC and RF module are internal components of a microcontroller, as well as the 
input/output (I/O) interface, which is used to control the multiplexers. 
2.4. Conclusions 
Strain sensors based on the piezoresistive property of n+–nc-Si:H thin film 
microresistors were fabricated by HWCVD at 150 °C on plastic substrates using 
standard lithographic techniques. For large-area devices the piezoresistive response was 
converted in an output voltage by use of a Wheatstone bridge circuit in the quarter-
bridge configuration. Vout thoroughly monitored the mechanical oscillations imposed to 
the sensor and accurately detected its resonance frequency peak, confirmed by finite 
element analysis. Microresistors, with gauge factor −28.1, followed the low-frequency 
oscillations of a four-point bending bridge. A two-wire readout circuit was designed to 
operate the sensor array without switching elements. Data will be subsequently 
processed and stored internally by a microcontroller, also responsible for the 
communication of two-way wireless data. 
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The use of artificial prosthetic replacements has become an important surgical 
procedure in orthopedic human joint diseases. The success of this kind of procedure 
largely depends on the fixation of the artificial prosthetic component after being 
implanted in the thighbone [1]. Typically, hip-joint prosthesis consists of a ball and a 
socket joint [2]. 
Most frequent fixation problems are related to infection, wear and wear particulates 
generated by friction between the joint and the bone, or even between the femoral cup 
and the joint, migration and failure of the implants, and loosening. These problems 
manifest into osteolysis in the bone bed which is the major cause of long term 
loosening, mostly for the femoral stem. Some problems were identified that cause 
loosening of the implant, thereby dramatically shortening its lifetime, such as mismatch 
of the physical properties between tissues and implant, low biocompatibility of the 
implant, deterioration of the physical properties of implant materials, and bad design , 
among others [3]. 
The biocompatibility and bio-stability with the body tissues are key issues of any 
implant material used for the manufacture of hip-joint prosthesis. The physical and 
chemical properties of the materials must match the respective function of the prosthetic 
component and should not undergo any changes under the influence of the relatively 
aggressive biologic environment in the human body [4]. The materials to anchor stems 
that are subjected to bending and torsional stresses should be selected with regard to 
their high yield, fatigue strength, and toughness. Permanent deformations, incipient 
cracks and even fatigue fractures of loosened femoral component stems can in this way 
be prevented.  A smooth operation of the artificial joint and its anchorage, especially in 
the first stage of implantation inside human body, is critical for the patient comfort and 
for the success of the hip-joint performance at long term service [4]. There is 
insufficient data available regarding the hip-joint performance inside the human patient, 
and consequently no information is available how the prosthesis behaves over time and, 
in particular, during the first days of post medical procedure. Information concerning 
mechanical stress of bone cement and hip-joint small dislocations monitoring are 




patient. In this sense strong efforts are being done in order to develop sensors for the 
measurement of cement-prostheses interface forces based on different transducers and 
geometries [5-10], but the issue is far from being solved for practical situations. 
Thin-film silicon piezoresistive sensors attract particular attention due to their 
versatility, widespread application and due to their convenience for integration in 
microsystems [11]. Fabrication of such sensors requires a number of technological steps 
that influences the sensor properties, as well as their reliability [11]. The sensors were 
deposited by hot-wire chemical vapor deposition, which has proven to be a versatile and 
suitable technique to obtain highly doped hydrogenated nanocrystalline silicon thin 
films (nc-Si:H) [12]. 
The present work shows an approach to monitoring mechanical stresses over time in a 
prosthesis. High sensitivity silicon piezoresisitive thin-film sensors were fabricated and 
attached to prosthesis. Their performance was compared with that of commercial strain 
gauge sensors.  
3.2. Experimental 
Nanocrystalline silicon deposition on polyimide substrates was performed in a load-
locked chamber under high-vacuum conditions (base pressure better than 10-6 Torr). 
After loading, before starting deposition, the substrates were allowed to degase while 
heating to the deposition temperature of 150 ºC, up to the point where the chamber 
pressure recovered to the pre-load values. A single tantalum filament, 0.5 mm thick and 
14 cm long, was heated up to 1750 ºC. Filament-to-substrate distance was 7 cm. The 
filament was first heated up to the working temperature, in a hydrogen atmosphere, and 
then the source gases, SiH4 (as a Si precursor) and PH3 (as a P precursor) were added 
while the hydrogen flow was adjusted to a value corresponding to 95 % of the total gas 
flow. Working pressure was 40 mTorr for all depositions. During the filament heating 
time, a shutter was closed in order to protect the substrate from spurious species emitted 
from the filament. Deposition rate was ~1.5 nm/s and final thickness of the films was in 
the range 100 – 150 nm. More details on the preparation procedure and on the 
characteristics of the sensors can be found in [12], [13]. 
Commercial metallic piezoresistive sensors with a Gauge Factor (GF) of 2 (reference 
number: N11-FA-5-120 (11, 16, 23)) were purchased from RS Components. All 
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piezoresistive sensors were placed in a commercial hip-joint prosthesis from Lima-Lto 
(Orthopaedic, L.C.) taking into account the calculated stress distribution obtained by 
computer simulation. The thin-film silicon and commercial sensor gauges were placed 
in opposite sides of the implant, in positions exactly symmetric relative to the symmetry 
plane of the prosthesis. After placing the sensors in their positions, bone cement (SR 
Triplex Cold Polymer) was prepared according to manufacturer instructions by mixing 
powder poly(methyl methacrylate) (PMMA, from Ivoclarvivadent) with the liquid 
monomer at room temperature (Ivoclarvivadent).  
The hip-joint prosthesis was then placed in the middle of a carbon steel machined 
rectangular mold. The prosthesis with the attached sensors was fitted into a mold cavity, 
the bone cement was poured into the other side of the cavity and pressure was applied 
by hand to keep the hip-joint prosthesis well bonded to the cement. After the 
polymerization of the bone cement was complete, the specimens were transferred to a 
universal testing machine Instron 8501 (figure 3.1). 
 
a b
Figure 3.1 - a) Image of the hip-joint prosthesis in the stress-strain experimental setup, and b) 
inclination angles  and   of the axis of the prosthesis 
Mechanical fatigue test were performed in the compressive mode, according to standard 
ISO 7206 [14]. The typical fatigue test consists on the fitting of the prostheses to a 60% 
of the CT length (distance between the lower end of the prostheses to the geometrical 




the axis of the prosthesis with respect to the front and lateral sides of the mold cavity 
(figure 3.1). With respect to the testing conditions, a maximum load was applied to the 
material and then a dynamical load was applied from a minimum load of 10 % of the 
maximum load up to the maximum load, during 10,000 cycles. Experimental data were 
recorded at 0.5 Hz, 1 Hz and 5 Hz. The mechanical conditions applied in the 
experiments performed in the hip-joint prosthesis are summarized in table 3.1 and a 
schematic view of experimental setup is presented in figure 3.1. 
Finally a burst test was performed to the hip-joint prosthesis in the compression mode, 
at a velocity of dl/dt = 2 mm/min. 
Table 3.1 - Mechanical experimental conditions applied to the hip-joint prosthesis 
Dynamic tests 10000 cycles 
 
130N to 1300N at 1Hz 
230N to 2300N at 1Hz 
400N to 4000N at 1Hz 
230N to 2300N at 0.5Hz 
230N to 2300N at 5Hz 
A data acquisition electronic circuit and software were implemented in order to record 
the signals from the sensors. The block diagram of the acquisition setup is shown in 
figure 3.2. 
   
Figure 3.2 - Block diagram of the electronic signal acquisition and recording of the output 
sensors signal. 
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Briefly, the sensors were connected to an analog multiplexer (MUX) that performs the 
switching between the different sensors. The voltage variation generated by the 
deformation of the selected sensor under mechanical solicitation is amplified, converted 
to digital (ADC) and acquired by the microcontroller (UC). The microcontroller sends 
the data to the computer either by a wired, universal serial bus (USB) or by a wireless 
(RF) link.  
Finite element software in a 3D space was used with the mechanical stress-strain 
module to calculate the stress and strain in the 3D hip prosthesis model under the same 
loading conditions in which the experimental tests were performed, following the ISO 
7206 standard. The parameters used to simulate the mechanical performance of the 
prosthesis are summarized in table 3.2.  
Results and Discussion 
Table 3.2 - Material properties of the hip prosthesis model. 
Property Steel AISI 316L Polyamide (M2) Bone cement 
Young’s modules 205× 109 [Pa] 3× 109 [Pa] 18× 109  [Pa] 
Poisson’s ratio 0.28    0.35 0.40 
Density 7850 [kg/m3] 1350 [kg/m3] 1500 [kg/m3] 
Thermal expansion 1.23× 10-5 [1/K] 1.20× 10-5 [1/K] 1.20× 10-5 [1/K] 
3.3. Results and Discussion 
Computer simulations were performed in order to characterize the stress distribution 
along the artificial prosthetic device. Figure 3.3 shows the simulation results, where it is 
possible to observe that the positions submitted to higher mechanical effort are the ones 
placed at the bone cement interface. Then, the piezoresistive sensors (S4, S21, S1, S3, 
S22 and S2) were attached to the hip-joint prosthesis at the places indicated in figure 3.3 





Figure 3.3 - Simulated stress distribution for the hip-joint prosthesis with solicitation along y. 
The horizontal rectangle indicates the placement of the cement. 
The positions S4 up to S2 correspond to the pairs of sites (one on each side of the 
implant) where commercial strain gauges and the thin-film Si gauges fabricated in this 
work were placed, on opposite sides of the implant, which is shown here (figure 3.3) 
along his main symmetry plane.  
The hip-joint was then fixed to the universal testing machine according to the ISO 7602 
standard, to carry out the cyclical mechanical loading tests. The obtained results for the 
piezoresistive sensors at different testing frequencies are reported in figure 3.4. The 
piezoresistive signal of the commercial sensors follows the mechanical excitation and 
the electrical response is stronger for the sensors outside the cement fixation (sensor S2) 
which is closer to the jaw that transmits the mechanical stimulus. For the sensor 
embedded inside the bone cement (S4) a similar result as the one found for sensor S1 
was observed, which reveals that the mechanical stress is distributed uniformly along 
the hip-joint prosthesis. The piezoresistive sensor placed in the bone cement boundary 
has the weakest electrical signal due to the damping that occurs between the implant, 
the bone cement and the open air, decreasing the amplitude of the electrical response of 
the sensor. Moreover, it was observed that the amplitude of the electrical signal 
acquired for each single commercial sensor increases with increasing applied frequency 
to the hip-joint prosthesis. A phase lag between the mechanical stimulus and the 
electrical signals around 10º was observed, in particular for sensors S3 and S4. This fact 
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is to be attributed to the mechanical experimental setup, as the hip-joint prosthesis is 
placed, after the norm ISO 7206, with  the specific inclination (angles  and  shown 
in figure 3.1, promoting shear-stress contributions detected by the electrical 
measurement as phase lag between the mechanical stimulation and the electrical reading 
(figure 3.4a).  The obtained results of the amplitude for the electrical signal of the 
commercial strain gauges at 0.5 and 1 Hz are very similar. 

































































Figure 3.4 - Piezoresistive response for the commercial metallic sensors performed with a 
maximum force of 2300 N and: a) 0.5 Hz, b) 5 Hz. 
Moreover, at 5 Hz, the amplitude of the electrical signal of sensors S1 and S2 (inside 
and outside the bone cement, respectively) remains unchanged, with the same phase lag 
that was observed at 1 Hz. For the sensor at the boundary region (S3), an increase of the 
electrical amplitude was observed, with a slight phase lag compared to the mechanical 
excitation. On the other hand, the sensor in the base of the prosthesis (S4) presents a 
decrease of the electrical signal and also a phase lag, which leads to conclude that the 
commercial metallic piezoresistive sensors have some offset relatively to the 
mechanical stimulus for frequencies above 0.5 Hz (figure 3.4). 
The influence of applied force on the electrical response for the commercial strain 
gauge sensors was characterized. Two different measurements were carried out at a 
maximum force of 1300 N and at 4000 N (the minimum force, according to the ASTM 




For lower mechanical applied force, the amplitude of the electrical signal is quite 
similar for all metallic sensors and a phase lag of about 180º  was observed, 
independently of the sensors position along the hip-joint prosthesis (figure 3.5a). 
For the higher mechanical load and at 1 Hz (figure 3.5b), sensor S2 has the largest 
electrical signal amplitude, showing that the hip joint-prosthesis region immediately 
below the femoral cup is more exposed to the mechanical solicitation. Also, sensor S1, 
placed in a region covered by bone cement, has a high electrical signal amplitude, but 
smaller when compared to sensor S2. In a different part of the prosthesis, sensor S4, the 
amplitude of the electrical signal decreases as compares to S1 and S1, which reveals 
that the mechanical load distribution pattern along the hip-joint prosthesis is dependent 
on the value of the mechanical load. 

































































Figure 3.5 - Piezoresistive response for the commercial metallic sensors performed with at 1 Hz 
for: a) 1300 N and b) 4000 N. 
For the higher mechanical load and at 1 Hz (figure 3.5b), sensor S2 has the largest 
electrical signal amplitude, showing that the hip joint-prosthesis region immediately 
below the femoral cup is more exposed to the mechanical solicitation. Also, sensor S1, 
placed in a region covered by bone cement, has a high electrical signal amplitude, but 
smaller when compared to sensor S2. In a different part of the prosthesis, sensor S4, the 
amplitude of the electrical signal decreases as compares to S1 and S1, which reveals 
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that the mechanical load distribution pattern along the hip-joint prosthesis is dependent 
on the value of the mechanical load. 
The sensor at the base of the prosthesis (S4) shows electrical response amplitude 
smaller than the previous ones, and a phase lag to sensor S2 and S1 is observed. The 
phase lag of the electrical response of the sensor relative to the mechanical solicitation 
is of approximately 10º. The sensor at the boundary region between the bone cement 
and the open-air, reveals poor electrical response revealing that a damping effect and 
release of the mechanical energy occurs in this region. This effect was observed for the 
prosthesis tested at different frequencies (figure 3.4). 
Besides the commercial sensors, two n-type piezoresistive nc-Si:H microresistors with 
thickness around 120 nm, fabricated on  125 m polyimide polymer substrates (a 
picture of the sensor can be seen in [12] were mounted in the hip-joint prosthesis at 
exactly the same position as the metallic commercial strain gauges, but at the other side 
of the prosthesis. The evolution of the electrical signal of the piezoresistive nc-Si:H 
sensor was registered and compare to the signal of the commercial gauges. 
P-doped thin-film silicon piezoresistive sensors show an electric signal output higher 
than the metallic commercial ones (figure 3.6), when subject to the same experimental 
conditions. The electrical response of the sensor placed inside of the bone cement shows 
output voltage amplitude around 200 mV, which is quite high when compared to the 20 
mV (figure 3.4a) of voltage output amplitude obtained for the commercial sensors 
placed in the same position. For 0.5 Hz experiment, it was observed a phase lag of 
almost 180 º between the applied mechanical stress and the output electrical signal for 
the sensor placed inside the bone cement, but the sensor placed outside shows a good 
matching between the mechanical loading and the electrical signal (figure 3.6a). 
By increasing the applied mechanical frequency, the phase lag of the micro resistor 
placed inside the bone cement decreases and for the experiment performed at 5 Hz, no 
phase lag between the mechanical loading and the electrical voltage output was detected 
(figures 3.6 b and c). On the other hand, the sensor placed outside the bone cement 
showed an opposite response of the electrical output voltage. It was observed that with 
increasing applied mechanical load frequency, the phase lag between the mechanical 




sensor shows a small electrical response, but as it can be observed in figure 3.6d), the 
output voltage still allows evaluating the mechanical load. 
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Figure 3.6 - Piezoresistive measurement for the ni-S:H microresistor performed with a 
maximum force of 2300 N and: a) 0.5 Hz, b) 1 Hz, c) 5 Hz and d) detail of the electrical output 
of sensor S22 of figure c. 
In order to have a better understanding of the nc-S:H microresistor (Rx) response, the 
Gauge factor (GF) was determined taking into account the characteristics of the 
implemented electronic circuit (figure 3.7).  




Figure 3.7 - Electrical circuit used to obtain the value of the sensor resistance (Rx). 
 For R1=R2=R3, the change in resistance of the sensor is given by: 
∆ܴ ൌ
4ܴ௫ ቀ∆ܸீ௦ܸ ቁ
1 െ 2 ቀ∆ܸீ௦ܸ ቁ
 
(eq. 3.1) 
By replacing the known parameters of the electrical circuit of figure 3.7, the resistance 
changes of the piezoresisitive sensors are shown in table 3.3. 
Table 3.3 - Resistance variation for the commercial (S2, S4) and ni-S:H (S22, S21) 
piezoresistive sensors, when the prosthesis is subject to 4000 N and 2300 N. 
Sensor  R without deformation ΔR at 4000N ΔR at 2300N 
S2 120 Ω 0.118 Ω 0.0306 Ω 
S4 120 Ω 0.042 Ω 0.0334 Ω 
S22 10.16 K Ω 12.0 Ω 3.24 Ω 




It is assumed a GF value of 2 for the commercial metallic strain gauges, and that, due to 
the fact that the nc-S:H microresistor were placed at similar positions, they were 
submitted to the same mechanical strain () so with the substitution of commercial 
metallic strain gauge parameters in the equation 3.1 it is possible to calculate the strain 
for nc-S:H microresistor. From equation 3.2, the Gauge Factor of the nc-S:H 
microresistor are calculated (table 3.4).  
ܩܨ ൌ ∆ܴ ܴ଴⁄ߝ  
  (eq. 3.2) 
Table 3.4 - Gauge Factor obtained for the nc-S:H piezoresistive sensors. 




The GF obtained values for the nc-S:H piezoresistive sensors were around 2.4 for the 
sensor placed outside the bone cement and -23.4 for the piezoresitor encapsulated 
within the bone cement. These results are lower than the ones obtained previously, 
under 4-point bending loading cycles , for the same piezoresistive sensors,  which 
showed a GF  of -28.1 [12].  The difference can be explained by the fact that all the 
manipulation needed to fix the sensors to the prosthesis somehow damaged them. It is 
necessary to point out that, contrary to the commercial sensors, the nc-Si:H sensors 
fabricated in this work had no encapsulation. 
3.4. Conclusions 
The monitoring of mechanical stress over time in prosthesis is reported in this work. 
Silicon thin-film piezoresistive sensors were developed, attached to a prostheses and 
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their results compared with commercial strain gauge sensors. Mechanical stress-strain 
experiments in compressive mode show that the thin-film silicon piezoresistive sensors 
are much more sensitive than the commercial ones due to their higher gauge factors (-
23.5), when compared to the gauge factors  of commercial sensors (2).  
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4.1. Introduction  
There is an increasing interest in using the techniques of graphic industry for the 
production of flexible electronics and sensors due to its reduced cost and large 
production areas [1], [2], which allows mass production of  radio frequency 
identification (RFID) tags, flexible antennas and sensors [3], [4], among others. 
Flexible sensors is an increasing area of research and development due to the growing 
demand of biosensors, artificial skins, chemical sensors, force and deformation sensor, 
among others. The common methods currently used for the fabrication of these type of 
sensors are vacuum deposition, photolithography and spin-coating [5–7] but these 
methods present show some drawbacks for these applications, as there were mainly 
developed for production of microelectronics involving multiple fabrication steps, high 
processing temperatures and produce toxic waste [8] for a single layer production. 
In this way, direct printing techniques such as screen printing and ink jet printing have 
received increasing attention for the implementation of sensors [9]. Screen printing is 
widely used for industrial production when it is not necessary large resolution and 
therefore there is no need of precise matching in the case of multi-layer fabrication. 
Further, this fabrication technique requires the use of masks for each printed layer.  
On the contrary, inkjet printing does not require masks for the production of different 
layers, allowing a more versatile process. Further, it is a non-contact method with the 
large advantage of reduced contamination and risk of substrate damage [10–12]. The 
later issue is particularly important in the case of the production of biosensors and 
chemical sensors. 
Inkjet printing allows precise control of the layer thickness and the quantity of applied 
ink, which allows to obtain printed areas according to specific requirements, this being a 
critical factor for the fabrication of flexible electronic circuits and sensors [13], [14], in 
order to allow the required performance, but also for granting reproducibility of the 






Force and deformation sensors are among the most required ones for a set of 
applications ranging from biomedical [15] to automotive [16], [17], among many 
others. One of the most used physical mechanism for this type of measurements is based 
on the piezoresistive (PR) effect. Polymer based materials with large deformation 
sensitivity have been recently developed based on conductive polymers [18] or polymer 
composites [19] based on polymer elastomers [20], thermoplastics [20] or epoxies [21], 
which allow to use polymer instead of the more conventional strain gages [22] for these 
type of measurements. Further, polymer based sensors allow the use of conventional 
polymer processing techniques, including printing technologies such as ink jet printing. 
The development of PR sensors using printing techniques is therefore taking the firsts 
steps due to its large potential.  
Typical PR sensors are silicon based and fabricated on wafers which are subsequently 
divided and integrated with all necessary microelectronic for signal manipulation [23, 
24]. However, this technique does not allow to obtain flexible sensors for large areas 
and therefore hinders direct integration into some devices, so new sensors were 
developed using deposition techniques [15].  
With this in mind, this paper reports on the design, fabrication and test of printed strain 
sensors. Various types of strain printed sensors were developed and characterized. A 
matrix and an array of sensors were also be printed and tested. The developed sensors 
were applied to a hip prosthesis and the performance tests conducted according to ISO 
normalized procedures [25]. 
4.2. Experimental details 
4.2.1. Inkjet printed and inks 
Inkjet printing of the sensors was performed using a Fujifilm Dimatix DMP 2831 with a 
DMC-11610 [26] (propylene; silane/SiO2) cartridge with 16 nozzles at 254 µm spacing. 
The drop volume was 10 picoliters and the capacity of ink per cartridge was 1.5 ml. 
The Dimatix Printer (DMP) allows defining a large set of parameters such as cartridge 
temperature, substrate temperature, gains of nozzles voltage and frequencies of the 
nozzles in order to optimize printing according to the substrate, ink and application. 
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 Several inks were used for the development of the sensors: the conductive layer used 
for printing a Strain Gauge (SG) sensor, the interdigitated structures and the electrical 
connections was based on a commercial conductive silver particle based ink 
(Sunchemical). The piezoresistive active layers were developed with two types of inks: 
a Organo PeDOT containing solution (Agfa) and a ink based on TIPS-Pentacene 
(716006, Sigma Aldrich) prepared using 22 mg of TIPS-Pentacene mechanically mixed 
in 2 mL of 1,2-dichlorobenzene for 30 min. 
For the printing of the matrix structures an insulating ink based on PVPh 
(Polyvinylphenol) was also used to avoid the short circuit of rows and columns.  
Sensors were developed on a KAPTON substrate with a thickness of 75 µm, due to its 
temperature resistance.  
After printing a particular layer it was necessary to cure the respective printed ink with 
specific optimized curing condition. the curing condition for the silver ink were 150 ºC 
for 40 min;  130 ºC for 15 min for the PeDot ink and 120 ºC for 5 min for the case of 
TIPS-pentacene ink. The insulated ink was cured at 150ºC for 30 min. 
4.2.2. Electrical conductivity measurement 
The d.c. electrical resistance of the single sensors was measured at room temperature 
with an Agilent 34401A digital multimeter with 6 ½ digits resolution. The multimeter 
was connecter directly to the silver printed connection paths with dimension of 0.8 mm 
x 0.4 mm.  
This measurement allowed the characterization of the sensor with no deformation, i.e., 
the resistance value indicated as R0. In the case of the sensor array and matrix structures 
it was necessary to develop an electronic circuit to allow the measurement of 20 sensors 
simultaneously. Therefore, the sensors were integrated into a Wheatstone bridge and the 
resulting differential voltage (VG) variation was amplified by an instrumentation 






Figure 4.1 - Electrical circuit used to obtain the value of the multi-sensor resistance (Rx). Here 
R1 to R3 are the resistances of the bridge, VS is the voltage supply, VG is the differential voltage 
between the bridge terminals, G is the gain of the amplifier and Out is the output voltage 
corresponding to VG * G.  
Considering all the parameters of the circuit and for R1=R2=R3=Rx0 which corresponds 
to balanced bridge, the resistance variation of the Rx sensor (Rx) is given by: 
∆ܴ௫ ൌ
4ܴ௫଴ ቀ∆ܸீ௦ܸ ቁ
1 െ 2 ቀ∆ܸீௌܸ ቁ
 
(eq. 4.1) 
where, Rx0 is the sensor resistance, VG is the voltage variation of the bridge terminals 
and VS is the bridge power supply.  
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4.2.3. Electro-mechanical characterization   
The sensitivity of a PR sensor to a given deformation can be quantified by the gauge 






 (eq. 4.2) 
In this equation, R0 is the steady-state material electrical resistance before deformation 
and R is the resistance change caused by the variation in length l [21]. The resistance 
change under strain results from the contribution of the dimensional change a 
geometrical effect (ΔRD) and from the intrinsic PR effect (ΔRl) (equation 4.3). 
Therefore, for the surface mode measured used in the present investigation (figure 4.2), 
the GF can be written as [21]: 
ܩܨ ൌ
ቀ∆ܴܴ଴ቁ
ߝ௟ ൌ ∆ܴ஽ ൅ ∆ܴ௟ ൌ 1 ൅ ߭ ൅
ቀ∆ߩߩ ቁ
ߝ௟  
 (eq. 4.3) 
where, dl/l=εl and υ is the Poisson ratio.  
The experiments were performed in mechanical 4-point-bending mode using a 
Shimadzu-AG-IS universal testing machine. Figure 4.2 presents a schematics of the 4-
point bending set-up. 
Assuming pure bending of a plate to a cylindrical surface, the strain  () between the 
inner loading points can be calculated from [21]: 
ߝ ൌ 3ܼ݀5ܽଶ  




Where Z is the vertical displacement of the piston, d is the sample thickness and a is the 
distance between the two bending points.  
 
Figure 4.2 - Schematics of the 4-point bending test used for the electromechanical evaluation of 
the sensors. z is the vertical displacement of the piston, d is the sample thickness and a is the 
distance between the two bending points. The sensors are placed at the bottom surface of the 
substrate. 
Electromechanical tests consisted in several loading/unloading cycles at room 
temperature, with a test speed and Z displacement defined according to the dimensional 
characteristics of the sensors, while recording at the same time the electrical resistance 
variation. The GF was calculated for each cycle from the z-displacement and the 
electrical resistance curves by taking the best fit curve by linear regression. Finally, the 
average GF value was calculated for each sample. The value of the GF for the loading 
and unloading mechanical cycles at a given set of conditions was the same, unless 
indicated. 
4.3. Results and discussion  
4.3.1. Single sensor development 
4.3.1.1. Printing and optimization of the conductive layer 
Printing of a conductive layer is required both for the development of the SG sensors, 
which are composed uniquely by one conductive layer, and for the interdigitated 
d 
Z a 
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electrodes, as the conductive layer serves as electrodes for the remaining sensors. 
During this process it was necessary to optimize printing conditions.  
The desired pattern of the SG sensor is shown in figure 4.3a). It was designed for a drop 
space of 20 µm in order to obtain the lowest possible dimension for the sensors 
considering that the drop diameter of the silver ink is 42µm. The final dimension of 
sensor active area was 2.5 mm x 1.75 mm (figure 4.3).  
  
(a) (b) (c) (d)
 
 
(e) (f) (g) (h)
Figure 4.3 – a) Projected pattern for Strain gauge sensor, b) defects at the middle of the printed 
lines, c) defects at the end of the printed lines, d) final result of strain gauge sensor, e) Desired 
pattern for the interdigitated conductive layer for piezoresistive sensors, f) excess of material at 
the end of the lines, g) short-circuit between the lines and h) final result of the interdigitated 





Initial tests showed an excess of material at the middle (figure 4.3b) and the end (figure 
4.3c) of the lines. These errors were corrected by removing pixels in areas of excess at 
the end of the line tracks (figure 4.3c) and by printing in a horizontal configuration 
instead of the vertical one. In this printing configuration, the pattern is performed line 
by line along the horizontal axis and lines without excess of material are obtained 
(figure 4.3d).  
For interdigitated structures (figure 4.3e, f, g and h) the main objective for 
miniaturization is to reduce as much as possible the spaces between the lines of the 
interdigitated fingers without creating a short-circuit. The desired pattern of the 
interdigitated layer is shown in figure 3e, which is also designed for a drop space of 
20µm. 
Figures 4.3f) and 4.3g) show intermediate steps in the optimization process showing the 
most common defects: excess of material and short-circuit between lines. Figure 4.3h 
shows the final printed interdigitated structure with a distance between the lines of the 
fingers of 30 µm and a sensor active dimension of 1.8 mm x 1.5 mm, which is one of 
the best results reported in the literature in terms of miniaturization with inkjet printing 
technologies. The average electrical resistance of the sensors was 830 Ohm. 
4.3.1.2. Printing and optimization of the PeDOT and the TIPS-Pentacene layer 
The piezoresistive sensors are composed by the interdigitated silver layer mentioned 
before and a polymer layer on top of this layer. The pattern of the top layer just consists 
on a homogeneous layer on top of the interdigitated fingers. Despite the apparent 
simplicity of this layer, problems can also arise with respect to homogeneity of the layer 
due to the 3D pattern of the conductive silver layer on the top layer (figure 4.4a).  
This problem has to be solved by adding several layers of the active polymer material in 
order to overcome the dimensional effect of the pattern of the previously printed 
materials. The printing process involved therefore heating the substrate at a temperature 
of 50 ºC in order to accelerate the curing process and to allow a rapid deposition of the 
different layers. The homogeneous surface of PeDOT was achieved after the deposition 
of six layers, producing a final thickness of ~ 18 µm. The result is shown in figure 
4.4b). The average resistance of the sensors was 1.42 KOhm. 
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(a) (b) (c)
Figure 4.4 – a) Representation of the homogeneity problems arising with the deposition of the 
PeDOT layer, b) final PR sensor based on PeDOT and c) semiconductor sensor based on TIPS-
Pentacene. 
In the case of the sensor based on TIPS-Pentacene, the same problems were found as 
with PeDOT and similar solutions were used. In this case, just three layers of TIPS-
Pentacene were required to form a homogeneous layer of material with a final thickness 
of 12 µm (figure 4.4c). For these sensors, the average resistance was 100 KOhm. 
4.3.2. Single sensor characterization  
Electrical and electromechanical characterization of the sensors was carried out in order 
to assess the characteristics and performance of the development of single and multi 
sensor structures. Due to the better performance of the sensors and the similarity of the 
printing and testing procedures, the following sections will be concentrated in the strain 
gauges and the piezoresistive sensors based on PeDOT.   
4.3.2.1. Strain Gauge based on printed silver ink 
Four-point bending tests were performed for the inkjet printed silver ink SG, which 
showed an average resistance of 830 Ohm. Five cycles were applied to the sensors with 
a deformation of 0.5 mm at a speed of 0.5 mm/min at room temperature and the 




Figure 4.5a) shows a typical example of the data obtained from the strain tests 
performed for the SG sensors with simultaneous measurement of electrical resistance. It 
was verified that all sensors show a linear response with the resistance variation 
following the applied deformation.  The overall electrical response slightly decreases 
with increasing number of cycles due to mechanical relaxation of the material, the 
material recovering the initial resistance when the deformation is definitively resealed 
[18]. 

















































































 Linear Fit of Sheet1 R/R0)
(c)  
Figure 4.5 – a) Representative cyclic deformation applied to a sample of strain gauge b) PR 
sensor with the corresponding resistance variation as a function of time and c) relative change in 
electrical resistance due to mechanical deformation, for several up-down cycles applied to a 
sample.  
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The GF was calculated by applying equation 4.2 to the measured data and fitting with a 
linear regression as shown in figure 4.5c). The typical value for the GF of SG printed 
sensors is around 0.35 ±2%. This value is the same, within experimental error, for the 
up and down cycles and for the different cycles. The obtained value of the GF indicates 
that the response of the sensor is completely to be ascribed, as expected, to the 
geometrical variation of the sensors [18], [19]. 
4.3.2.2. Piezoresistive sensor composed by interdigitated silver electrodes and a 
PeDOT layer 
 Four-point bending experiments with simultaneous measurement of the electrical 
variations were performed in the PR sensor with PeDOT layer. These sensors had an 
average electrical resistance of 1.42 KOhm. The maximum applied deformation was 0.1 
mm at a deformation speed of 0.5 mm/min at room temperature.  A typical example of 
the results is presented in figure 4.5b). The small deformation in this case is due to the 
strong sensibility of the sensors and the presence of nonlinear phenomena for larger 
deformations. For this sensor, it is also observed reproducibility in the form of the 
response and in the values of the variation of the resistance with the applied 
deformation, but a decrease of the overall value of the resistance with increasing 
number of cycles. This variation is due to residual strains and stresses remaining in the 
material during the dynamic solicitation [19], as the material recovers the initial 
resistance when the deformation is resealed.  In any case the small variation of the 
overall resistance (approximately 100 Ohm) together with the reproducibility of the 
resistance variation for the several cycles makes these sensors suitable for applications. 
Further, the sensors show a GF of ~2.48 ± 2,6%, as calculated after equation 4.2 with a 
procedure similar to the one shown in figure 4.5c). The values of the GF indicates the 
contribution of the intrinsic piezoelectric effect of the polymer layer over the 
geometrical factors [27].  
The GF of the materials and therefore their sensitivity as sensors can be further tuned by 
varying processing conditions. For examples, GF between up to 40 can be obtained by 
applying o pre-cure time at 50 ºC for 30 min instead of 74 min. In any case, as reduced 





4.3.3. Sensor array and matrix developed 
The array design was based on the results obtained for single printed sensors. The 
following conditions were used: drop space of 20 µm for all inks, six printed layers of 
active material using a pre-cure time at 50 ºC for 30 min and a final cure at 130 ºC for 
15 min.  
Figures 4.6a) and 4.6b) show the selected pattern for the sensor array and the final 
result, respectively. It is to notice that the printing of a sensor array consist in the 
replication of the printing procedure of a single sensor. No interconnections between 
individual sensors are present.   
 
                                                          (a)                                                                (b) 
 
                                                           (c)                                                                 (d) 
Figure 4.6 – a) Design of the array pattern, b) final result of the printed array, c) design of the 
different layers needed for the printing of the sensor matrix and d) printed sensor matrix. 
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The design of the sensor matrix is more complex (figure 4.6c) due to the set of 
connections that defines the sensor matrix. Further, the printing of a large number of 
sensors, a matrix of 4 x 5 sensors in the present case, increases the risk of defects that 
can invalidate the entire printed structure. 
For the development of the matrix, four different layers have to be printed as shown in 
figure 4.6c). The first layer is the more complex: it is composed by the interdigitated 
electrodes and the mesh of connections. The area of interception between lines and 
columns is left out of printing. The fact of printing the entire conductive structure in the 
first printing step allows detecting early eventual defects in the printing structure which 
can hinder the functioning and performance of the sensors. 
The second layer is printed using the insulating ink to allow the printing of conducting 
rows and columns without short-circuiting. It was necessary to print two layers able to 
guarantee the prefect insulation between the conductive layers. 
The third layer corresponds to another conductive layer used to complete the connection 
of the various segments of column-line connections as shown in figures 4.6c) and 4.6d). 
The second layer has a height corresponding to the sum of the thickness of the first 
conductive layer and the second insulating layer. The second conductive layer has to 
overcome this difference of heights to guarantee the continuity of the lines by printing 
two layers. 
Finally, the PeDOT layer is printed following the optimized conditions obtained for the 
single sensor printing.  
Certainly, other printing configurations and strategies could be proposed for the same 
final objective, but this configuration allows an easy printing of the first layer, which is 
the most complex, and therefore the rapid verification of possible errors or 
discontinuities that could prevent the successful fabrication of the sensor matrix. A 
detail of the printed sensor matrix is shown in figure 4.6d).      
4.3.4. Electro-mechanical sensor array and matrix characterization  
Four point bending tests with simultaneous measurement of the electrical resistance 
were performed for the sensor arrays and matrix. Five cycles were applied with a 
maximum deformation of 2 mm at a deformation speed of 1 mm/min at room 




As previously mentioned, an electronic system was developed able to measure the 20 
sensors simultaneously. The variation of the sensor resistance is converted to a variation 
of voltage that is the output data of the system. The recorded data can be converted to 
the variation of the resistance of the sensor using equation 4.1. 
Figure 4.7a) shows a typical example of the data obtained for the tests performed in the 
PR sensors array. The response of the sensors is similar to the obtained results for the 
individual sensors and also reproducible among the different sensors. The decrease of 
the d.c. component with increasing number of cycles due to the effect of relaxation of 
the material, as verified in the case single sensors, is maintained.  
It is concluded that compared with the case of single sensors, the response in array 
configuration is the same, indicating the validity of the printing technique for 
reproducing the characteristics of several printed sensors and therefore for large scale 
production.   

































































Figure 4.7 – a) representative cyclic strain applied to an array of sensors and the 
corresponding electrical variation over time and b) representative cyclic strain applied to a 
sensor matrix and electrical response of 3 sensors within the matrix. 
Figure 4.7b) shows a typical example of the response of 3 sensors of the array when 
cyclic deformation tests were performed for PR sensor matrix. It can be verified that the 
response is identical to the single sensors and with a high reproducibility of the response 
among the various sensors.  
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The GF of matrix and array were also identical, within experimental error, to those 
found in single sensors tests, which demonstrates the good reproducibility of ink-jet 
fabrication technique.    
4.3.5. Smart prosthesis development 
 Finally, the developed PR sensors were applied to the development of smart hip-
prostheses. The use of artificial prosthetic replacements has become an important 
surgical procedure in orthopedic human joint diseases, but the success of this kind of 
procedure depends on the fixation of the artificial prosthetic component after being 
implanted in the thighbone [28]. The materials used for the fixation are subject to 
mechanical stresses, which originate permanent deformations, incipient cracks and even 
fatigue fractures[29], [30]. 
The concept of smart hip-prostheses is understood as the placing force and deformation 
sensors that will allow to perform a monitoring of small dislocations between the 
prostheses and the bone. This information is very important in order to improve 
prosthesis design and to promote high durability of the prosthesis, comfort and 
reliability to the patient. 
A set of piezoresistive PeDOT sensors were placed in a hip prosthesis and mechanical 
fatigue test in the compressive mode were performed  according to standard ISO 7206 
[25] (figure 4.8a). According to the testing conditions, a maximum load was applied to 
the material and then a dynamical load was applied from a minimum load of 10 % of 
the maximum load up to the maximum load, during 1000 cycles. The mechanical 
conditions applied to the hip-joint prosthesis involved three forces (1300 N, 2600 N and 
4000 N) and for each force three frequencies of oscillation (0.5 Hz, 1 Hz and 5 Hz) 
were used. The electrical response of the sensors was obtained by the same electronic 
circuit used to characterize the sensors array and matrix. 
Figure 4.8b) shows the typical response of the sensors as a function of displacement of 
the hip-prosthesis in a real test condition. The results show that the electrical response 
allows to precisely quantify the mechanical solicitations applied to the hip prosthesis. In 
this case the response is the inverse to the mechanical request since the sensor is placed 
in a zone in which there is a distension of the material when the prosthesis is subjected 
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Figure 4.8 – a) Picture of the hip-prosthesis with the implemented sensors in the stress-strain 
experimental setup, b) PR measurement for the PeDot PR sensors performed with a maximum 
force of 4000 N, c) sensor response to 1000 cycles and c) prosthesis displacement and sensor 
amplitude response as a function of the applied force. 
Figure 4.8c) shows a d.c. variation over time but a stable dynamic response as the 
sensor response maintains the amplitude variation over the 1000 cycles, which ensures 
the reproducibility of the sensor response. Finally figure 4.8d) shows the vertical 
displacement of the prosthesis and the amplitude as a function of the applied force. It is 
verified that the amplitude response of the sensor varies with the applied force on the 
prosthesis although this response is not linear due to the geometry of the prosthesis. 
(a) 
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In this way, both frequency and force variation are detected and quantified by the 
developed sensors which show good stability up to 1000 mechanical cycles, indicating 
their suitability for this and related applications. 
4.4. Conclusions  
Multiple strain sensors with different architectures such as single, array and matrix have 
been developed by inkjet printing technology based on silver conductive ink (strain 
gages), PeDOT and TIPS-pentacene (piezoressitive sensors). The different materials 
and layers are optimized to achieve sensors with dimensions of 1.5 mm x 1.8 mm with 
interdigitated structures of 30 µm of distance between the fingers lines. 
 Characterized sensors show gauge factors up to 2.48 have been achieved with PeDOT, 
though larger values can be obtained depending on the curing conditions. The straing 
gages show gage factor around 0.35. The good reproducibility and robustness of the 
printed sensors are demonstrated through performance testes including 1000 mechanical 
cycles for the development of smart prosthesis applications.  
It is therefore concluded that ink-jet printing is a technology suitable for the production 
of force and deformation sensors that can certainly be expanded to other type of sensor 
through suitable ink formulation and printing architecture design. 
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5.1. Introduction  
Advances in materials technology allow creating an increasing number of sensors that 
can be implemented in different application fields such as biomedical and aeronautics. 
Moreover, technology development promotes an increasing demand of sensors, in 
particular micro-sensors, for a wide spectrum of applications, from automation, 
industrial process control and automotive industry, among many others [1].  
The increasing application range and demand of sensors also implies the need to 
develop novel signal conditioning and signal processing systems able to support a large 
number of sensors simultaneously, with a precise and reliable reading of the measured 
signals. Therefore, parallel to the development of sensor technologies, the field of signal 
conditioning and processing has also evolved in terms of size of the electronic 
components, processing capacity and energy consumption in order to meet the 
increasingly demanding needs [2], [3]. 
There are already some systems integrating the conditioning circuit and processing unit 
with the transducers [1], [4], [5], entitled as smart sensor generation. Whenever is 
needed the development and measurement of flexible sensors arrays built using 
different sensors or sensors technologies [6], it arises the need for implementation of 
different measurement circuit for each sensor type. In other cases this need is due to 
differences in the characteristics and response of the sensors due to processing 
restrictions in their construction, e.g. in printing sensor technologies. This problem 
becomes particularly important when the sensors aim to be applied within the human 
body, as restrictions are also imposed in terms of biological compatibility, dimensions, 
energy consumption and calibration, as it is not possible to calibrate the circuit after 
body implantation due to access restrictions. 
Developments in systems that allows the connection of different types of sensors [7-9] 
or multi-channel reading circuits for a single type of sensor [10], [11] have been 
therefore developed. In order to avoid single sensor calibration, a system able to support 
self-test and self-calibration, supporting multi-ranging within a single sensor, 
dissipating low power, occupying small die area and, preferentially, with no external 
components must be settled. Yazdi et al. [7] developed a generic interface circuit for 




large variety of capacitive sensors with base capacitance and sensitivity spread over a 
wide range, supporting communication with a microcontroller over a standard sensor 
bus, with programmable gain and offset control, supporting sensor self-test and with 
low power consumption. Later on, Xi et al. [9] presented a multi-sensor system-on-chip 
(SoC) integrating programmable processor, universal sensor interface and an analogic to 
digital converter as well as others on chip resources. This technology integrates an 8-
channel reconfigurable sensor interface that employs a Wheatstone bridge and switched-
capacitor topologies to perform signal conditioning for a wide range of resistive and 
capacitive sensors. These systems nevertheless support a large variety of sensors at the 
cost of resolution and hardware efficiency and do not have the processing capabilities 
necessary to make the auto calibration of the circuit. 
The present work shows the development of an electronic system allowing measuring 
piezoresistive sensor arrays with sensors of different characteristics that can 
automatically adapt its hardware and firmware parameters to the sensor to be read and 
that guarantees the highest accuracy as a function of hardware efficiency. It represents 
therefore a multiplexed input system which allows connecting all sensors to a single 
circuit. The adaptive sensor interface was applied in a piezoresistive sensor array for 
implantable hip joint prostheses and the sensor signal was acquired. 
The following sections show the circuit architecture and its major building blocks, as 
well as the circuit implementation and the developed firmware to command the 
architecture. 
5.1.1. Adaptive system architecture 
For integration as a part of piezoresistive sensor system for applications in areas such as 
biomedical, the sensors readout circuit should occupy the lowest possible area and 
should be able to operate with the lower possible power consumption. Furthermore, 
sensor block interface should be highly configurable to allow system control to perform 
self-test and self-sensor calibration. 
In the present work, all the sensors are piezoresistive, which allows building an 
optimized circuit specifically for this type of sensors with larger hardware efficiency 
and minimum power consumption (figure 5.1). The developed microsystem uses an 
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open architecture, using a single read out circuit for all sensors, allowing a substantial 
reduction of the implementation area. 
 
Figure 5.1 - Block diagram of the adaptive multi-sensor interface circuit. 
In figure 5.1 it is shown that the various sensors are connected to a multiplexer circuit 
allowing the activation of each sensor independently, thus ensuring that the rest are in 
open circuit and does not affect the measurement and no power is spent. A multiplexing 
circuits for eight channels was developed, but it can be easily up-scaled to a larger 
number of channels as the read out circuit is independent of the number of input 
channels. 
The aim of this adaptive multi-sensor interface circuit is to be implemented in in-body 
biomedical applications, thus it is necessary to remove all components for manual 
calibration as, once sensors are implemented, they can no longer be accessed. In order 
to overcome this issue, a non-balanced (NB) adaptive bridge a approach was adopted, 
that is connected to the digital gain instrumentation amplifier (IA) being the NB 





The heart of this microsystem is a microcontroller unit (MCU), where the control 
program and the standard calibration data of all sensors to read are stored as well as the 
implementation of the specific software routines for sensors calibration and digital 
compensation for each sensor. The communication of the MCU with the various blocks 
of read out circuit uses a serial peripheral interface (SPI) bus, which allows to control all 
circuits devices quickly and with a minimum of connections, and consequently with a 
minimum energy loss. 
In order to minimize the energy consumption, a power unit control (PUC) responsible 
for disabling all system peripherals during the sleep mode and for enabling the 
peripherals when they are needed was implemented. It is controlled by the MCU, who is 
also responsible for the read-out and communication rate. The developed adaptive 
multi-sensor interface circuit is able to send the data via radio frequency (RF) to a 
remote platform, which is the final responsible for data recording. In order to maximize 
energy savings, the data transmissions is not performed in real time, but stored in the 
MCU memory to form a large package before sending, allowing to use the active 
transmission mode less often. 
5.1.2. Circuit implementation 
The developed architecture was implemented using commercial electronic components 
which enable a quick transition from the developed architecture to a functional 
prototype and to evaluate how the developed system meets the requirements. Figure 5.2 
show the schematic circuit developed.  
The sensors are connected between two 8:1 analog switches (IC1 and IC2) that allow 
the selection of the sensor to be measured, remaining the other ones in open circuit. On 
state resistance is a key factor in the choice of the analog switches, as for sensors with 
low nominal resistance, the internal resistance of the analog switch will interfere with 
the sensor measurement itself. Taking into account this issue, our choice fell on  
NX3L4051 by NXP Semiconductors [12] analog switches, because is a low-ohmic 
analog switch with a typical internal resistance of 0.5Ω for a voltage supply higher than 
2.7 V. The overall dimension of the entire electronic circuit is very important, as it is 
intended to maintain the area of the sensors and the adaptive interface circuit as small as 
possible. In this sense, the above referred analog switch has 3 x 3x 0.5 mm3, which is 
suitable for the intended purpose. Further, IC4 (figure 5.2) have the same characteristics 
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as IC1 and IC2 but with only 2 channels available, allowing sensor selection source Vdd 
or GND. 
 
Figure 5.2 - Schematic of the adaptive interface circuit. The sensors are connected between the 
terminals of analog switch IC1 and IC2. 
Once the selection of the sensor to be read is performed in IC1 and IC2, a digital 
rheostat connected in series and forming a non-balanced half bridge is used. In order to 
achieve an improved system resolution, it was selected a digital rheostat AD5270 by 
Analog Devices [13] with 10 bits of resolution and a 20 kΩ of full scale resistance with 
a maximum ± 1% of nominal resistor tolerance with a package dimensions of 3 x 3 x 
0.8 mm3. In figure 5.2, the middle point of the half bridge is connected to the positive 
input of the  instrumentation amplifier (IA) with digitally programmable gain (IC6) and 
the negative input is connected to the output voltage of a 16 bits DAC (IC5) which 
allows adjusting the voltage and thus obtaining the maximum resolution of sensor 
measurement, completing the non-balanced bridge. It was used for IC6 the LTC6915 by 
Linear Technology [14], with fourteen levels of programmable gain and a size of 4 x 3 x 
0.8 mm3. IC5 is a AD5061 from Analog Devices [15] that is a low power 16 bits 




mm3. The output voltage of IA is converted to a digital signal using one of the 12 bits 
Analog to Digital Converter (ADC) present in the MCU (IC8). Beyond the signal 
conversion, the MCU is also responsible for the control of all circuit devices and 
performs the communication of all sensor data to a remote acquisition platform using 
RF communication (figure 5.1). 
In this work it was used an MCU from Texas instruments (CC1111F32) [16], due to 
low power SoC with a standard enhanced 8051 MCU, 32 kB of in-system 
programmable flash memory, with 4 kB of RAM and a low power sub-1GHz RF 
transceiver, occupying only a volume of 6 x 6 x 0.8 mm3. 
Finally, IC7 is responsible for ensuring a regulated voltage to the circuit and allows 
turning off the power of the circuit when it is not needed by the control line, which is 
controlled by MCU. The IC used in this work is the NCP4682 from ON Semiconductors 
[17], with a low dropout line (LDO) voltage regulator and 1 x 1 x 0.6 mm3 in size. 
5.1.3. Firmware design 
The developed adaptive multi-sensor interface circuit is totality based on digital 
components, allowing to be controlled by the MCU, and for which it was necessary the 
development of control and readout firmware. Being this an adaptive circuit and before 
starting to read the sensors, it is necessary to find the calibration parameters for each 
single sensor. Once the calibration parameters are found, they will be added to an 
algorithm implemented in the MCU (figure 5.3), which will be run once for each sensor.  
The working method of the algorithm is divided in two stages: the first stage was 
designed to find the ideal resistance (Rout) value of the digital rheostat (DP). The 
algorithm starts to select the sensor to calibrate, changes the IA gain to 1 and puts the 
DAC output voltage to 0 V, in order to increase the range of readout of the circuit. 
Then,  the Rout value will be changed until the voltage read on ADC (ADCread) exceeds 
0.5 V as described in the algorithm, the optimal Rout value is calculated, and the system  
will select and use the nearest available resistance. 
The working method of the algorithm is divided in two stages: the first stage was 
designed to find the ideal resistance (Rout) value of the digital rheostat (DP). The 
algorithm starts to select the sensor to calibrate, changes the IA gain to 1 and puts the 
DAC output voltage to 0 V, in order to increase the range of readout of the circuit. 
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Then,  the Rout value will be changed until the voltage read on ADC (ADCread) exceeds 
0.5 V as described in the algorithm, the optimal Rout value is calculated, and the system  
will select and use the nearest available resistance. 
 
Figure 5.3 - Algorithm construction to determine the calibration parameters of the adaptive 
circuit for a particular sensor. 
The second stage is used to determine the value of the output voltage of the DAC 




half-scale, allowing to detect negative and positive variations, since the circuit just uses 
a single power supply. To determine this parameter, the value of the DACout is placed 
equal to half-scale and then the difference for the desired value is measured and 
compared to the new DACout value that certifies the half-scale. Finally, the calibration 
parameters found for each sensor are stored in the MCU memory to be used whenever a 
specific sensor is read.  
Once the calibration parameters for each single sensor are found, the circuit is ready to 
perform measurements. Sensor selection and circuit configuration will be done by the 
parameters stored in memory and the ADC voltage will be measured. The value of 
measured voltage (ADCread) is associated to the sensor resistance (Rsensor) according to 
equation 5.1: 
ܴ௦௘௡௦௢௥ ൌ ܴ௢௨௧൫ܣܦܥ௥௘௔ௗ ൅
ሺܦܣܥ௢௨௧ܩሻ൯
ܩሺܸܿܿ െ ܦܣܥ௢௨௧ሻ െ ܣܦܥ௥௘௔ௗ 
(eq. 5.1) 
 
The measured values are saved in memory and only when the memory is full the RF 
sending data routine is started, saving energy, as data communication is the process that 
consumes more energy and it will be just started whenever needed. Between 
measurements the system goes into sleep mode turning off all circuit, being only the 
MCU active but in operating mode 2 with timer interrupt wake-up. 
5.2. Experimental work and results 
The adaptive sensor interface circuit was implemented in a small printed circuit board 
(PCB) using just 135 mm2 of area for all circuit and 225 mm2 for the RF circuit. The 
range of input sensor resistance is between 50 Ω and 100 kΩ ensuring the same gain for 
each sensor within this range, managing to achieve a reading rate of 2 kHz. If the 
system considers that sending data package is needed to a remote platform, the read rate 
drops to 1 kHz. The minimum transmission time for a 256 kb package is 0.5 ms or 1 ms 
in normal communication mode. 
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Energy consumption of the adaptive multi-sensor interface circuit in the different 
operation modes has also been evaluated (figure 5.4). The values reported in figure 4 
represent the worst possible situations and energy consumption can be optimized, 
depending on the distance of the remote platform, sensor characteristics and the 
electrical difference between sensors. The system was submitted to a series of 
experiments in order to evaluate and validate the operation mode of the system and the 
respective firmware, and the obtained data is presented in figure 5.4. 




















Sleep Transmit Read 
 
Figure 5.4 - Circuit consumption in the various operation states. 
Finally, a set of sensors was placed on a surface of a hip-joint prosthesis and mechanical 
fatigue test in compressive mode were performed according to standard ISO 7206 [18] 
(figure 5.5a). Briefly, a typical mechanical fatigue test consists on the fitting of the 
prostheses to a 60% of the CT length (distance between the lower end of the prostheses 
to the geometrical center of the head) within the mold with inclination angles (10º ±1) 
and  (9º ±1) of the axis of the prosthesis with respect to the front and lateral sides of 
the mold cavity. With respect to the testing conditions, a maximum load was applied to 
the material and then a dynamical load was applied from a minimum load of 10 % of 
the maximum load up to the maximum load, during 1000 cycles. The mechanical 
conditions applied in the experiments performed in the hip-joint prosthesis are 
summarized in table 5.1 and a schematic view of experimental setup is presented in 
figure 5.5a). The mechanical conditions applied to the hip-joint prosthesis involved 
three forces (1300, 2600 and 4000 N) and for each force three frequencies of oscillation 




Piezoresistive sensor characteristics are shown in figure 5.5b). The sensors were 
selected as they show different initial resistances when they are without mechanical 
solicitation, therefore, an adaptive multi-sensor interface circuit to perform sensors 
measurement with accuracy under dynamic conditions is an advantage. Typical sensor 
response under mechanical solicitation is reported in figure 5.5c). It can be observed 
that the electrical response follows the dynamic strain signal applied to the prosthesis, 
and as expected, sensors with different characteristics show electrical responses with 
dissimilar amplitude. 
(a)
Sensor Type R0 (Ω) Ref. 
S1 Commercial Strain Gauge 120 [12] 
S2 Printed Piezoresistive sensor 881 [13] 
S3 Piezoresistive Silicon film sensor 17850 [14] 
S4 PVDF Piezoresistive sensor 388 [15] 
S5 SVS Piezoresistive sensor 640 [16] 
                                                                                (b) 






































Figure 5.5 - a) Mechanical and electrical experimental setup of the hip-joint prosthesis; b) 
Sensor characteristics used to validate the adaptive multi-sensor interface circuit and c) 
Electrical and mechanical response of the instrumented hip-joint prosthesis for a maximum 
mechanical load of 4 kN. 




Commercial strain gauge (S1) and ink-jet printed piezoresistive sensor (S2) show an 
electrical response in phase opposition when compared to the mechanical load due to 
the region of the prosthesis were the sensors are placed, as there is a material distension 
when the prosthesis is submitted to compression (figure 5.5a and c). Furthermore, the 
system reveals to provide good and accurate results for each sensor, despite their 
specific characteristics. 
Taking into account the validation results for the adaptive multi-sensor interface circuit 
with different sensor characteristics, a flexible ink-jet printed sensor array with similar 
R0 for all sensors (figure 5.6a), was used in order to assure the accuracy, reproducibility 
and stability of the electronic system. In this measurement, a maximum mechanical 
deformation under compression of 2 mm was applied to the hip-joint prosthesis, at a 
speed of 1mm/min at room temperature, during 5 cycles (figure 5.6b). 
 
(a)






































Figure 5.6 – a) Picture of the sensor matrix using in the experimental setup and b) mechanical 
deformation signal and amplitude response of three sensors. 
Flexible inkjet-printed sensor array of 16 sensors showed that the electrical response 
from the sensors follows the mechanical solicitation, with a very similar electrical 
response between sensors (figure 5.6b), which demonstrates the stability and 





An adaptive readout system allowing the measurement of piezoresistive sensor arrays 
with different characteristics and high accuracy by multiplexing has been developed. 
This system can be up-scaled to read a large number of sensors, simply increasing the 
number of multiplexed input. This system is able to measure piezoresistive sensors with 
resistances from 50 Ω to 100 kΩ, with a maximum read rate of 2 kHz, meeting the 
requirements defined for the system. The area for the adaptive multi-sensor interface 
circuit is 135 mm2, which is compatible with applications in in-body biomedical 
engineering. Energy consumption was optimized by adding the option to store in the 
internal memory the recorded data and sending the data just when the internal memory 
is full.  
Mechanical experiments in a hip-joint prosthesis with piezoresistive sensor array with 
different characteristics and with an 16 inkjet-printed sensor array reveals that the 
adaptive multi-sensor interface circuit is able to measure with accuracy the sensor 
electrical response. Finally, this system is prepared to be size reduced by building the 
whole system on-chip. 
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In the last years, medical implants are increasingly used in modern medicine as a key to 
success in the treatment of certain pathologies and allowing a substantial improvement 
of living conditions of the patients.  
In 1958, with the development and implantation of the first Pacemaker by Rune 
Elmqvist, a new area in the medical implant field was opened [1], as it was the first 
implanted electronic device. Medical electronic implants have a remarkable history of 
success by being able to monitor patients conditions and to allow diagnosis and 
treatment of many diseases. 
Nowadays, a large number of different electronic medical implants have been developed 
and/or are of common use such as brain pacemaker for the treatment of Parkinson´s 
disease [2], muscle stimulators [2], nerve signal decoders for robotic prostheses control 
[3], implantable drug pumps [4] and blood glucose sensing [5]. 
All of these implants require some kind of data communication system, which can be in 
one or two directions. Due to the recent developments on wireless communications 
devices there is a considerable interest in long distance communication between the 
implant and a remote platform. For example in [6], the neuronal activity and the activity 
of the nervous system are decoded to a dynamic control of the heart rate of a 
pacemaker. In this case, by a bidirectional link it is possible to reprogram the therapy 
and obtain the necessary diagnostic information in real time without the necessity of 
surgery. 
Traditionally, the communication systems for implants make use of inductive 
communication that operate at medium-frequency (MF) or high-frequency (HF) [7]. 
With this approach the communication speed is typically low and requires a large area 
communication system, which hinders many potential implementations. The most 
attractive band for medical and biological implants is the ultrahigh frequency band 
(UHF). This band presents several advantages, such as allowing reduced antenna 
dimensions with low levels of interference, high data communication rates, offering a 
large frequency spectrum  300 MHz to 3 GHz  and having a low cost due to its high use 




The development of these devices requires surpassing some important challenges, 
including minimization of dc power requirement, problems related to the physical 
dimensions and wire-free communication. There are extensive investigations studying 
the influence of human body in UHF communications [8, 9], but these studies are 
mainly focused in the external antennas. 
In this work, it is evaluated the influence of the human body in implanted antennas. The 
main objective is to obtain the antenna model and the frequency that better fits to the 
requirements for implantable devices. Therefore, it was investigated how the depth, the 
position of the antenna and the different layers that composed the human body affect the 
antenna response. The first step in the investigation was to find a frequency where radio 
signal could penetrate in body tissue and communicate with an external receptor. Three 
types of antennas (dipole antenna, circular antenna and the Inverted-F antenna (IFA)) 
were used working at three different frequencies, 433 MHz, 868 MHz and 2400 MHz. 
These frequencies were chosen because there are the no allocated frequency´s in UHF 
in Europe [10]. The study was performed using numerical techniques for solving 
electromagnetic wave propagation based in Finite Integration Technique (FIT) and 
Perfect Boundary Approximation technology (PBA) with the CST Microwave Studio 
software (CST MWS) and the Transient Solver option for the analysis of the antenna 
response. 
6.2. Modeling and analysis 
6.2.1. Computational technique 
The CST MWS software which is a package for electromagnetic analysis in the high 
frequency range for 3D approach was used for the simulation of the antenna models. 
This software is based on FIT which corresponds a spatial discretization scheme to 
numerically solve of electromagnetic field problems in time and frequency domains 
[11]. The main idea of this approach is to apply the Maxwell equations [12] in integral 
form to a set of staggered grids. This method stands out due to the high flexibility in 
modeling and boundary handling, as well as the incorporation of new materials with 
specified electrical, magnetic and mechanical properties. A finite calculation domain is 
then defined which is consequently split up into mesh cells, them are further split into 




two orthogonal grid systems. The use of a consistent dual orthogonal grid combining 
with an explicit time integration scheme leads to computing and memory-efficient 
algorithms, which are especially adapted for transient field analysis in radio frequency 
(RF) applications. 
For this study, a transient solver option to perform the analysis of antenna response was 
used. This is a flexible time domain simulation module that calculates the transmission 
of energy between ports and open space of the simulated model. In this way, a 
frequency range of ±40% from the center frequencies, being these 433 MHz, 868 MHz 
and 2400 MHz, was used. The boundary conditions selected for all models are the open 
(add space) options for all axis, and in this way the model will be analyzed as being 
inside of an open space, which is desirable because it is intended to obtain the response 
of the antenna outside the human tissues. The model was excited with a Gaussian pulse 
in time domain and the hexahedral automatically mesh generator with a minimum 
resolution of 15 lines per wavelength was selected. The maximum truncation error was 
limited to 1% or -40 dB for all simulations. 
This area was subject to a series of international standards [13] with the objective to 
protect the persons from RF risks. The most relevant restriction for these types of 
applications is a maximum peak of SAR level (specific absorption rate) inside the head 
and trunk of the user of 2 W.kg-1. These guidelines are accomplished for the simulated 
devices as they use an extremely low power and low duty-cycle by operating in a short-
range network. Typically, this device uses 1 µW to 2 mW peak of radiated power with 
1% of duty-cycle.   
6.2.2. Antenna models 
Antenna design is a common science and an engineering discipline with a large number 
of design manuals [14-16] and ongoing research [17-21]. However, most available 
information is devoted to antennas placed in a non-conducting surrounding with a 
relative permittivity of 1, i.e., the antennas are placed in vacuum or air. On the other 
hand, a completely different response is found when the antenna is placed inside the 
human body. In this case, the antenna is surrounded by a lossy material with high 
permittivity. UHF antennas are becoming attractive for medical and biological implants 
[22] and their investigation is still scarce and most of the few publications [23-25] are 




As described previously, three different types of antennas were investigated. The 
simulated models for each antenna type will be presented as well as the response in 
open space in order to compare to the simulations allowing to understand how the 
human body influences the antenna response. 
6.2.2.1. Dipole antenna  
The dipole antenna is a simple and common type of RF antenna, being widely used and 
incorporated into many other RF antenna designs [14-16]. 
As previously mentioned, each antenna model was simulated at three different 
frequencies. Three different antennas (one for each frequency) were thus designed with 
the dimensions described in table 6.1. 
Table 6.1 - Dipole antenna dimension for 2400, 868 and 433MHz. 
Frequency (MHz) Dipole length  (mm) Wire diameter (mm) 
2400 59.55 0.25 
868 164.64 0.69 
433 330.04 1.38 
 
It is important to note that this type of antenna has a typical input impedance of 73 Ω. 
After the design of the antenna models, they were simulated in open space, the typical 
response of the dipole antenna being illustrated in figure 6.1, where it is represented the 
3D radiation pattern, the polar radiation pattern and the return loss. 





Figure 6.1 - Radiation pattern and return loss for a dipole antenna in free space for a frequency 
of 868MHz. 
For the implemented dipole antenna, a main lobe magnitude of approximately 2.2 dB at 
868 MHz with a variation of ~0.2 dB between the different frequencies was verified. 
This is an excellent response for this type of antenna and an angular width (3 dB) of 
approximately 77.2 degrees with a main lobe direction of 90 degrees was also verified 
(figure 6.1). In summary, this antenna has an excellent response in free space with 
practically 98% of radiation efficiency for all three frequencies.   
6.2.2.2. Circular antenna  
The circular loop antenna is a metallic conductor bent into the shape of a closed curve, 
making it a simple and versatile type of antenna. The loop antenna can take many others 
different configurations such as rectangular, square, triangular and elliptical but all 
presents similar electrical and magnetic behavior. This antenna type is commonly 
classified into two categories: electrically small and electrically large loops. The small 
loop antenna has a poor efficiency, so in this case, the electrically large loop type was 
used. This occurs since the self-resonant antenna has a circumference diameter 





As for the circular antenna, three different antennas were designed with the dimensions 
presented in table 6.2. 
Table 6.2 - Circular antenna dimension for 2400, 868 and 433 MHz. 
Frequency (MHz) Loop diameter (mm) Wire diameter (mm) 
2400 21.55 0.9 
868 59.6 2.4 
433 119.55 4.7 
 
This type of antenna has a typical input impedance of 150 Ω. After the construction of 
these models, simulations in open space were conducted and the usual response of 
circular loop antennas was obtained, as represented in figure 6.2. 
 
Figure 6.2 - Radiation pattern and return loss for a circular antenna in free space for a frequency 
of 868 MHz. 
In the implementation of the circular antenna, it is observed a main lobe magnitude of 
approximately 3.7 dB at 868 MHz with a variation of ~ 0.6 dB between the different 




frequencies. This is an excellent response for this antenna and an angular width (3 dB) 
of approximately 82.8 degrees with a main lobe direction of 180 degrees was also 
verified with the radiation pattern represented in figure 6.2. In summary, this antenna in 
free space has an excellent response with ~ 97% of radiation efficiency for all three 
frequencies, which is similar to the value obtained for the dipole antenna. 
6.2.2.3. IFA antenna 
The IFA antenna typically consists on a rectangular planar element located above a 
ground plane, a short circuiting plate or pin, and a feeding system for the planar 
element. The Inverted F antenna or bent monopole antenna represents a variation at the 
level of the transmission line, where the top section has been folded down in order to be 
parallel with the ground plane. This is done to reduce the height of the antenna, while 
maintaining a resonant trace length. This parallel section introduces capacitance to the 
input impedance of the antenna, which is compensated by the implementation of a 
short-circuit stub. The stub’s end is connected to the ground plane in a way that the 
resulting antenna geometry resembles the letter F.  
The antenna ground plane plays a significant role in its operation. The current excitation 
in the printed IFA will cause current excitation in the ground plane. The resulting 
electromagnetic field is formed by the interaction of the IFA and an image of itself 
below the ground plane. Its behavior as a perfect energy reflector is consistent only 
when the ground plane is infinite or much larger in its dimensions than the monopole 
itself. The ground plane should be at least as wide as the IFA length (L), and the ground 
plane should be at least λ/4 in height. The optimum location of the IFA in order to 
achieve an omni-directional far-field pattern and a 50 Ω impedance matching was found 
to be close to the edge of the Printed Circuit Board [26]. 
For the simulation of this type of antenna, three models with different dimensions were 






Dimension (mm) 2400 MHz 868 MHz 433 MHz 
L 26 82 160 
L1 23 78 156 
L2 5 16 32 
e 0.5 2 2 
H 31 92 184 
h1 5 18 36 
t 1 2.3 3.7 
   (b) 
Figure 6.3 - Model used for IFA antenna simulation: a) the antenna schematic and b) the 
antenna dimensions for 2400, 868 and 433 MHz. 
The antenna was implemented on a 1.5 mm thick FR-4 as it is a widely used substrate. 
It is to notice that the IFA bandwidth increases with increasing thickness. The IFA 
antenna has a complex model where there is a large set of dimensions should be 
changed for the different frequencies. The dimensions used for the simulations were 
obtained at a first stage through the existing literature [27-29] and in a second stage by 
the optimization of these models. 
After constructing the antenna models, they were simulated in open space. The usual 
response of the IFA antenna is illustrated in figure 6.4. 
For the IFA antenna it was verified a main lobe magnitude of approximately 2.5 dB 
with a variation of 0.1 dB between the different frequencies and also an angular width 
(3 dB) of approximately 101 degrees with a main lobe direction of 358 degrees, as 
observed in the radiation pattern of figure 4. This antenna shows a very good response 
in free space with ~ 96% radiation efficiency for all three frequencies. This antenna 
does not show a better efficiency that the previous ones but, on the other hand, it is 
smaller, easier to integrate and allows implementation on the PCB where the electronic 
circuit is implemented. 







Figure 6.4 - Radiation pattern and return loss for a IFA antenna in free space for a frequency of 
868MHz. 
6.3. Human body model 
The electromagnetic properties of human tissues shows a strong frequency dependence 
[29], [30]. In this way, the propagation characteristics of UHF signal will be largely 
affected once the antenna is placed inside the body. 
To determine how the antenna response is influenced by each layer of human tissue, a 
spherical model was built with the antenna placed at the middle. For the simple 
evaluation of the influence of each human tissue layer on signal propagation, an analysis 
layer by layer and the simulation of various thicknesses for each layer were performed. 
In this way, the best position for the placement of the transition antenna can be defined 
for specific implementations. 
Another spherical model composed by various layers that compose the hip region of 
human leg, including bone, was also constructed, again with the communication system 
in the center of the spherical model. In this case, the main purpose it to evaluate the best 




32]. So, based on a standard anatomy [33] the dimension used in the simulation [34] for 
the various layers that constitute the human hip region are shown in table 6.3. 
Table 6.3 - Hip region model layer thickness [34]. 
Layer Thickness (mm) 
Skin  2 
Fat  15 
Muscle  40 
Cortical bone  15 
Antenna encapsulation  1.5 
 
The values of the electrical conductivity (σ) (S/m) and relative permittivity (ε) for each 
tissue layer used in the simulation and for the antenna encapsulation are shown in table 
6.4.  
Table 6.4 - Tissure and encapsulation electrical parameters at 433, 868 and 2400 MHz [36]. 



















































It is considered that the device is coated with a 1 mm layer of polymethylsiloxance 
(PDMS) as this is one of the most used materials for biocompatible encapsulations [35]. 
The abovementioned properties are shown in table 6.4 for the three simulated 
frequencies [36]. 
6.4. Results and discussion 
After the construction of the models, the simulation at the selected frequencies for the 
various human tissue layers was performed using the CST MWS software and a series 
of graphs of radiation efficiency and power flow representative of the models response 
at various depths for the different layers were obtained.  
The antenna radiation efficiency (erad) is defined by the ratio of gain (G) to directivity 
(D) or, similarly, the ratio between the radiated (Prad) to accepted (input) (Pin) power of 
the antenna shown in equation 6.1:  
݁௥௔ௗ ൌ ܩ
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On the other hand, the power flow in the simulations represents the maximum value 
(peak value) of the power flow at every spatial point within a given period of time, 
being therefore a time independent result. 
The study was also performed for the hip-prosthesis model which corresponds to 
placing the communication system inside the femur and evaluate the behavior of the 
system outside of human body to the described frequencies of 433, 868 and 2400 MHz. 
Although the main objective of the present study is to be as generic as possible, the 
implementation of a real situation helps to elucidate the potential of the developed 
methodology and also helps as a base for the development of a hip prosthesis 
monitoring system, which is already under development [13, 32]. 
A series of simulations at the different frequencies was then performed to verify the 




graphs for each different layer were created allowing best approach for the placement of 
a transmission system within the human body. 
Figure 6.5 shows the results of the radiation efficiency for a dipole, circular and IFA 
antennas at 868 MHz and the figure 6.6 illustrates the radiation efficiency for IFA 




Figure 6.5 - Radiation efficiency for a dipole, circular and IFA antennas at 868 MHz: (a) Skin 
layer, (b) Fat layer, (c) Muscle layer and (d) Bone layer. 
Figure 6.5 shows the radiation efficiency (dB) variation as a function of depth for the 
three antenna models and for the different tissues. The evaluated thickness of each layer 
is 15 mm for all layers in order to facilitate de comparative study between the layers.  
For the frequency of 868 MHz (figure 6.5), the results demonstrate a larger efficiency 
loss in the region of the skin (figure 6.5a) and muscle (figure 6.5c) due to the larger 
higher σ and ε. In the case of the circular antenna, this loss is more pronounced with 
increasing penetration, showing also a small recovery of efficiency after 10 mm of 
penetration. It also verified that the IFA antenna shows a rather sharp efficiency loss in 















































































































the first millimeters as compared to the others antennas.  It is therefore shown that 
materials with low σ and ε, such as the fat layer (figure 6.5b), practically do not 
differences with respect to the choice of the antenna. In the case of the bone layer 
(figure 6.5d), it is possible to verify some differences, with the circular antenna 
presenting the worst performance. For higher values of electrical conductivity and larger 
penetration depths, the results of the dipole antenna and IFA antenna tend to converge. 
 
Figure 6.6 - Radiation efficiency for IFA antenna at 433, 868 and 2400MHz: (a) Skin layer, (b) 
Fat layer, (c) Muscle layer and (d) Bone layer. 
Comparing the different frequencies (figure 6.6), the results showed similar trends, with 
a larger loss of efficiency in the muscle and skin regions due to the larger σ and ε values 
with the circular antenna showing again a more pronounced loss with increasing 
penetration depth. With the antenna chosen to demonstrate the frequency behavior of 
the various layers, it is possible to verify that the best choice in terms of frequency 
would be 868 MHz due to better efficiency in most critical layers.  













































































































IFA antenna presents a rather sharp loss in efficiency in the first millimeters of layer as 
compared to the others antenna types but compensate this loss with the increase of the 
penetration (figure 6.6). So, it is concluded that for materials with low σ and ε there are 
no substantial differences between the different types of antenna. However, for higher 
values and larger penetration depth in the tissue layer, it is concluded that the IFA 
antenna shows the best performance.  
Figure 6.5 shows that the placement of the antenna influences its performance, the 
losses being most significant when the wavelength is much smaller than the size of 
object in which the antenna is inserted.  
In this way the electromagnetic field inside of human body will present variations of 
amplitude and phase according to the frequency emitted and the body layers between 
the antenna and the exterior. Since the human body shows different layers with different 
electromagnetic properties, this leads to a phase and amplitude variation when passing 
between the different layers. The layers with higher σ and ε cause a larger reduction of 
wavelength amplitude.  
With the aim of studying the behavior within the human body, simulations for the hip 
region were performed for of each antenna operating at the different frequencies. The 
results are presented in figure 6.7. In this case, the power flow (dB VA/m) versus 
thickness of penetration for the main lob direction along a straight line was evaluated. 
Figure 6.7 shows that a higher slope in the power flow loss occurs in the layer with 
higher σ and ε which correspond to the muscle and skin layers. The results are common 
for all antenna models. 
At a frequency of 433 MHz, the power flow outside the human body is approximately -
15 dB on the IFA and Dipole antennas. These antennas show a similar behavior due to 
the similar antenna radiation characteristics. In the case of the circular antenna, a larger 
power loss slope was detected around 42 mm, with a later power flow recovery after 45 
mm with a power flow outside the body of ~ -9 dB. Therefore, it is observed in figure 
6.7a that the circular antenna has a better performance as compared to the other under 
consideration. 
 







Figure 6.7 - Power flow in hip region for dipole, circular and IFA antenna at: a) 433 MHz; b) 
868 MHz and c) 2400 MHz. 
At a frequency of 868 MHz, the power flow outside the human body is approximately 
19 dB, -17 dB and -15 dB for the dipole, IFA and circular antennas, respectively. All 
antennas show nevertheless a similar behavior at 50mm as shown in figure 6.7b). In the 




is maintained until the penetration into air. Thus, it is concluded that the circular 
antenna at 868 MHz registers along the analysis line points with higher power flow as 
compared with the other ones under consideration, being therefore possible to predict a 
good performance in the main direction. 
At a frequency of 2400 MHz, the power flow outside the human body is approximately 
-44 dB, -41 dB and -36 dB on IFA, dipole and circular antennas, respectively. After 40 
mm of penetration, an oscillation of power flow was detected. These oscillations are 
ascribed to phase variations in the electromagnetic wave at the interfaces, being the 
circular antenna more susceptible to the oscillations for operating in resonance. Figure 
6.7c) shows that the circular antenna has a slightly better performance as compared to 
the others antennas, but with no significant differences. 
It is important to note that the velocity of propagation decreases with increasing σ and ε, 
and also the losses in the material will affect both the near-field and the wave 
propagation [36]. 
It is verified a sharp attenuation in radiation efficiency in the first millimeter for each 
layer, for all studied frequencies. However, for the 433 MHz and 868 MHz the decay 
rate becomes lower with increasing penetration layer, and in the case of 2400 MHz the 
decay rate tends to remain sharper as compared to the previous frequencies.  
With increasing frequency, there is an increase in the effective σ of the material (table 
6.4), which causes a decrease in the propagation speed and therefore increasing 
propagation difficulty.   
For a small penetration, the best results are registered for the dipole antenna type in all 
tested frequencies but for large penetrations, the IFA antenna shows good results which 
are similar to the ones for the dipole antenna. This fact is actually expected as the 
Inverted F antenna is a variation of the transmission line or bent monopole antenna, as 
previously mentioned. Furthermore, it is possible to verify that the circular antenna 
shows a reduction in efficiency difference regarding to other antennas, with the increase 
of model penetration, as observed in figure 6.5c). 
Analyzing the influence of frequency on the power flow for the hip region, it is possible 
to observe an increase of power flow loss with increasing frequency. Whereas from 
433 MHz to 868 MHz a small variation of approximately 3 dB was identified, from 433 
MHz to 2400 MHz a variation of approximately 25 dB of power flow loss is obtained. 




The radiation efficiency for all frequencies was also calculated and the results of the 
simulations are shown in table 6.5. Table 6.5 shows the radiation efficiency, expressed 
as a percentage and corresponding to the net body loss in dB for the different antenna 
models at 433 MHz, 868 MHz and 2400 MHz. These results show that implanting an 
UHF communication system in the human body for the hip region reaches an efficiency 
range between 10.62% and 0,109%, depending on the cases under study. 
Table 6.5 - Radiation efficiency for a hip region antenna model at 433, 868 and 2400MHz 
Antenna 
type 
433 MHz 868 MHz 2400 MHz 
ηb% Body Loss 
(dB) 





Dipole 7,56 11,28 6,59 11,81 0,162 27,90 
Circular 5,45 12.54 5,57 12,54 0,109 29,62 
IFA 8,93 10,49 10,62 9,74 0,140 28,53 
 
The best frequency and the best antenna model for this specific application (table 6.5) is 
an IFA antenna operating at 868 MHz as it shows a good relationship between 
dimension, efficiency and transmission rate. Further, it has additional advantages for a 
hip prosthesis monitoring system as the antenna can be included in the PCB together 
with the sensor read system. 
6.5. Conclusions 
The electromagnetic simulation of three different types of ultra wideband antennas, 
dipole, IFA and circular antennas, for in-body applications has been performed for 
excitation frequencies of 433 MHz, 868 MHz and 2400 MHz. 
The numerical simulation for electromagnetic wave propagation was carried out using 




Based on the analysis is possible to note that the frequencies between 433 MHz and 868 
MHz are a good solution for implantable devices, in particular closer to 868 MHz as 
they allow a larger transmission rate, which enhances the possibilities of implantable 
devices. 
It is also concluded that the shape and layer where the device is placed deeply 
influences the performance of the system. Therefore, according to the application is 
important to determine the optimum position to place the device as a function of the σ 
and ε value corresponding to the different tissue layer to be crossed by the RF signal in 
order to optimize performance. In particular, it is to notice that the case of muscle layer 
strongly reduces the efficiency of the communication system.   
By the comparison of the various antenna types it is verified that the IFA antenna and 
its variations will be a good solution for implantable devices, since it is easily integrated 
in the electronic circuit and widely used and investigated for its use in GSM. 
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The main objective of this work was the development of a flexible matrix of 
piezoresistive sensors for the measurement of strain and force. In particular, it was 
focused in biomedical applications and most specifically in the implementation of a 
smart implantable hip prosthesis.  
To meet this objective it was necessary to develop the following specific tasks: 
 a piezoresistive flexible sensor matrix for the measurement of strain and forces;  
 a test system for the sensors simulating real use conditions; 
 a matrix sensor readout system, able to adapt to the particular sensor to be 
measured. 
 a wireless communication system for biomedical applications; 
As a conclusion, the main achievements in the different tasks and in the overall work 
were the following:  
Flexible strain sensors based on the piezoresistive property of n+-nc-si:H thin films were 
fabricated using hot-wire chemical vapor deposition (HWCVD) at 150 ºC on a 
polymeric substrate, using standard lithographic technics to make the patterns of the 
sensors. The sensors show a gauge factor of -28, for low frequency deformation cycles. 
Further, ink-jet printed piezoresistive sensors were developed and characterized by 
electro-mechanical measurements under 4-point bending mechanical solicitation. 
Sensors based on silver nanoparticles and sensors based on PeDot were printed in 
polymer substrates in the form of single sensors, arrays and matrix of 4 x 5 sensors. 
Gauge factor up to 2,5 were obtained with excellent reproducibility in sensors with a 1.8 
x 1.5 mm2 active area. 
Electro-mechanical tests were conducted in order to characterize and validated the 
response of the various sensors under conditions similar to the ones corresponding to a 
real use in hip-prosthesis implants. Therefore, a prosthesis coated with the developed 
sensors was produced, cemented on a metallic support and subject to a number of 
deformation cycles in an universal mechanical testing machine at three different levels 




A finite element simulation of the experimental test was previously performed in order 
to better select the placement of the sensors and to validate the obtained experimental 
results. 
All developed sensors -silicon, silver ink and PeDot ink based sensors - proven to be 
suitable for the intended application, reacting with variation of the electrical resistance 
to the mechanical solicitation in a suitable, systematic and reproducible way.. 
Due to the different characteristics of the sensors that a sensor network can present, an 
adaptive readout system for piezoresistive sensors was developed. The readout system 
allows the reading of a maximum of 8x8 sensors, but it is scalable to a larger number of 
sensors by increasing the number of inputs of the multiplexer. 
This system is able to measure piezoresistive sensors with a broad R0 value from 50Ω 
to 100 kΩ, with a maximum readout rate of 2 kHz, meeting the requirements defined for 
the application. 
Moreover, the implementation area for the adaptive multi-sensor interface circuit is 135 
mm2, which is compatible for in-body biomedical applications. Energy consumption 
was also optimize by adding the option to store in the internal memory the recorded data 
and sending them just when the memory is full. The system goes into sleep mode 
between the measurements turning off all circuit. In this mode, the MCU is just active 
with timer interrupt wake-up. 
The read circuit was experimentally validated with a test on the sensor matrix. 
Finally, simulations were performed in order to evaluate the best options for the 
implementation of a wireless communication system for bio-applications. 
Three possible ranges of working frequencies and three different types of standard 
antennas were considered. The communication system was introduced into a model 
simulating the various layers constituting the human body. 
The simulations allowed defining the frequencies range most appropriate for 
implantable devices, as well as, the type of antenna most appropriate for this 
environment. It was also possible to evaluate the influence of the different tissue layers 
on the communication signal, helping the decision of the best placement of the antenna 
for a given application. 
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The best results for the case under consideration were obtained for an IFA antenna 
working at 868 MHz. 
Therefore, all subsystems necessary for the development of a smart hip prostheses, 
sensors, readout and communication systems, were successfully developed. 
 
7.2. Future work 
Despite of the successful development of the prototype, several steps should be 
implemented for further improve the systems and allow a commercial product. 
Thus, for a future work, it is recommended to implement a passive or even an active 
encapsulation for the sensors allowing to accelerate osseo-integration and thereby 
reducing the post-operative period.  
The in vivo tests are needed to evaluate the behavior of the developed system in a real 
environment.   
To monitor the behavior of the system in real time, it is necessary to develop a 
dedicated platform for receiving data. This platform will follow the patient all the time 
during the most critical postoperative period. It can also incorporate an internet 
communication system enabling the monitoring in real time by the doctor. 
In a final stage it will be also important to establish a partnership with a company 
producing hip prosthesis for suitable product engineering for the integration and 
production of the equipment, as well as to undertake the necessary certification for this 
type of equipment’s.   
 
